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ABSTRACT
Computational and Experimental Study of
Degeneration, Damage, and Failure
in Biological Soft Tissues
Gregory A. Von Forell
Department of Mechanical Engineering, BYU
Doctor of Philosophy
The purpose of this work was to analyze the biomechanics of degeneration, damage, and
failure in biological soft tissues both experimentally and computationally to provide insight into
tendon or ligament tearing, tendo-achilles lengthening and lumbar spine dysfunction. For soft
tissue tearing, experimental studies for calculating fracture toughness were performed and
determined that tendons and ligaments are able to completely resist tear propagation. For tendoachilles lengthening, a damage model was developed to mimic the behavior of the lengthening
that occurs as a result of the percutaneous triple hemisection technique. The model provided
insight for predicting the amount of lengthening that occurs during the procedure. For lumbar
spine dysfunction, a finite element model was validated against experimental testing and
simulated using boundary conditions representing physiological loading. The model was able to
predict how biomechanical changes can lead to pain and how the prevalence of Schmorl’s nodes
can be predicted. For each of the situations, the best verification and validation methods were
selected and are presented throughout the research to demonstrate the predictive capabilities and
limitations of the work. Results of these studies are presented along with how those results
influence the clinical endeavors associated with the degeneration, damage and failure of soft
tissues.

Keywords: finite element, spine, biomechanics, percutaneous tendon lengthening, fracture
toughness, tendon, ligament
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1.1

INTRODUCTION

Objective
The prevalence of computational analysis in biomechanics has continually increased

since initial applications began over 40 years ago [1, 2]. Computational modeling has led to the
prediction of mechanical behaviors that for many reasons (e.g. overly invasive, no sufficiently
accurate animal models, lack of resources, obvious inability to use destructive testing methods,
etc.) would otherwise have been impossible to test. However, as computational processing
capabilities have increased, so have the complexities of the computational models. Thus, it has
become increasingly difficult to determine whether or not the models are successfully able to
predict what would actually happen in a clinical setting.

As a result, the International

Organization for Standardization has developed standards to help ensure that published models
accurately portray their strengths and limitations [3, 4].
The standards and best practices of computational analyses have focused on the need for
verification and validation of all models. Verification answers the question “are you solving the
equations right” and validation answers the question “are you solving the right equations” [1].
As an example of verification, you may address the number of finite elements to determine if the
mesh is fine enough for the physics equations to be solved accurately. For validation, you may
compare some of your results to cadaver tests to confirm that your model produces similar
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behavior. For more examples and details, an in depth look at verification and validation has been
published [5, 6].
Experimental testing is a key component in the validation of computational models. In
the current work, experimental testing will refer to the non-computational testing that usually
requires some sort of physical equipment and is commonly referred to as “wet lab” testing (e.g.
cadaver testing, soft tissue tensile tests). One main purpose for using computational models is to
predict results that cannot be tested experimentally. As a result, the selection of experimental
tests that exactly replicate the computational models is impossible and experimental tests that are
similar, but not exact, are selected for comparison. Therefore, it is crucial to understand what
bounds are created by the validation performed. For example, if a finite element model of a
spine is validated against kinematic results from cadaver testing, does that mean that the finite
element model will accurately predict the kinematics for all loading conditions?

Will it

accurately predict the stresses for all loading conditions? Since the model was validated against
kinematic data, it is more likely that the model would better predict the kinematics than the
stresses. However, the answer to those questions depends on many factors, and that is why there
has been a recent push for authors to publish extensive details about their models so that readers
can make informed judgments.
One of the challenges is approaching engineering analysis of clinical problems stems
from the multi-disciplinary nature of the research. Clinicians evaluating the work tend to focus
on the clinical details, sometimes with a lack of context as to what is most important from an
engineering perspective. Likewise, engineers evaluating the work focus on the details of the
engineering analysis, sometimes without a context as to the clinical relevance or larger sources
of error that may stem from inter-patient differences. Regardless of these challenges, it is
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generally recognized that some of the most valuable contributions to patient outcomes will come
through multi-disciplinary approaches to these problems.
The purpose of the research presented in this dissertation was to combine experimental
and computational methods to predict the biomechanical rationale for various clinical situations.
Five clinical situations where biomechanical outcomes are difficult to predict were selected.
These situations included studies involving tendon and ligament tearing, Achilles tendon
lengthening, and differences in symptoms between patients with contiguous multi-level disc
degeneration and patients with skipped-level disc degeneration. For each of the situations, the
best verification and validation methods were selected and are presented throughout the research
to demonstrate the predictive capabilities and limitations of the work.

The biomechanical

predictions made using the computational and experimental models are also presented along with
how those results influence clinical endeavors.

1.2

Summary
The bulk of the research is presented in Chapters 2-6. Each of these chapters contains a

full-length manuscript that has been submitted for review. Since the research covers a relatively
broad range of topics, the introduction of each chapter will include its own review of the
literature and background information.

Additional background information relative to the

current work can be found in a Master’s Thesis previously published by the author [7].
Chapter 2 includes experimental results showing that tendons and ligaments are
completely resistant to the propagation of tears.

After over 130 samples were tested, the

measured fracture toughness was determined to be virtually infinite for both standard tensile
tests, and for more complex tests that included combined loading and varied tear angles. These
results help to clarify the types of treatments that should be considered for patients with partial
3

tears. This manuscript was coauthored by Peter Hyoung, and Anton Bowden and is currently
under review in the Journal of the Mechanical Behavior of Biomedical Materials.
In Chapter 3, the percutaneous triple hemisection technique for tendo-achilles
lengthening was analyzed using finite element methods. 52 simulations of a nonlinear finite
element model, representing variations of the tendon lengthening procedure, were performed and
analyzed.

When compared to cadaver testing of the same procedure, shear damage was

determined to be a successful parameter for predicting the lengthening that occurs.

This

understanding is important for preventing over-lengthening that can occur during the procedure.
This manuscript was coauthored by Todd Nelson, Trevor Stephens, and Anton Bowden and is
currently under review in Computer Methods in Biomechanics and Biomedical Engineering.
Chapter 4 uses the results of Chapter 3 to develop a continuum mechanics damage model
capable of predicting the behavior of partially severed ligaments and tendons. The damage
model incorporates a commonly used, anisotropic soft tissue constitutive model where the
contributions of the matrix and collagen fibers are decoupled [8].

The damage model

implemented damage evolution based on fiber stretch for the fiber material and based on shear
strain for the matrix material. Parameters for the model were determined from experimental
testing performed on porcine Achilles tendon. The effectiveness of the damage model was
shown by applying the model to a finite element model of a human Achilles tendon. This
manuscript was coauthored by Anton Bowden and is currently under review in Computer
Methods in Applied Mechanics and Engineering.
Chapters 5 and 6 were the result of a collaboration incident to presenting the results from
my thesis work on nonlinear finite element modeling of the lumbar spine. Samartzis et al.
investigated a very large cohort of patients and documented both the degree and incidence levels
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of lumbar disc degeneration, as well as the degree and incidence of low back pain [cite all of the
relevant papers]. They discovered that contiguous multi-level disc degeneration patients have
(on average) been reported as having more frequent and more severe pain than patients with
skipped-level disc degeneration [9]. Chapter 5 presents research that provides a reasonable
mechanistic explanation for symptomatic and asymptomatic multi-level disc degeneration. The
research presented in Chapter 5 was done in collaboration with Dino Samartzis from the
University of Hong Kong, one of the primary authors of the original research. The methods of
the research included the development of 84 finite element simulations representing different
“patterns” of disc degeneration subject to various types of physiological loading.

This

manuscript was coauthored by Trevor Stephens, Dino Samartzis and Anton Bowdenis and is
currently under review in The Spine Journal.
Chapter 6 contains another manuscript that was developed in collaboration with Dino
Samartzis. This research provided further insight into a published article, which received an
award from the International Society for the Study of the Lumbar Spine, coauthored by Dr.
Samartzis [10]. In that paper, Mok, et al. reported on the prevalence of Schmorl’s nodes
(intrusion of the intervertebral disc through the vertebral endplate) in the lumbar spine. The
research in Chapter 6 describes a strain energy based method for predicting the observed
presence of Schmorl’s nodes mentioned in that study.

This was accomplished through

simulating 84 finite element models similar to those described in Chapter 5, and correlating
strain energy density to the prevalence of Shmorl’s nodes presented in the clinical study. This
manuscript was coauthored by Trevor Stephens, Dino Samartzis and Anton Bowden and is
currently under review in the Journal of Biomechanical Engineering.
Chapter 7 summarizes the dissertation and presents the possibilities for future work.
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2

2.1

FAILURE MODES AND FRACTURE TOUGHNESS IN PARTIALLY TORN
LIGAMENTS AND TENDONS

Introduction
Ligaments and tendons torn during injury commonly remain undiagnosed or untreated

[11], and the likelihood that untreated initial tears could lead to further tearing or even full
rupture has proven challenging to predict. The inherent material characteristics of tendons and
ligaments suggest that the soft tissues should be able to withstand further tearing better than most
materials; however, that resistance to further tearing has yet to be measured. This knowledge is
likely a pre-requisite to determining the appropriate criteria for surgical intervention. This
understanding becomes even more crucial when tears occur in locations such as the interspinous
ligament of the lumbar spine [12], where surgical treatments are rare due to the highly invasive
procedures that would be required. Identification of the specific failure modes in partially torn
tendons and ligaments is of significant additional interest, as this understanding may help guide
decisions regarding the mode of surgical intervention.
The current understanding of the level of severity of partial ligament or tendon tears that
should warrant surgical intervention, as opposed to rest or other less invasive treatments, has
mostly been determined empirically. A primary mode of diagnosis is via joint functionality
studies through observations such as altered motion, swelling, or pain. These observations have
been linked to classifications of the tissue as being intact but damaged, partially torn, or fully
ruptured [13]. Imaging technologies offer some advantages and have recently advanced for
7

ligaments and tendons such as the anterior cruciate ligament (ACL) in the knee [14], the Achilles
tendon [15], and the ulnar collateral ligament in the elbow [16]. Diagnoses remain difficult due
to microfailures which weaken the material response but are not found during imaging. In
addition, the grading systems which are used to make these diagnoses are varied [16-19]. Since
much has been published on the ACL, this ligament is a good example of the types of diagnoses
that occur. Tearing of the ACL is generally categorized into three grades; intact but damaged
(Grade I), partially torn (Grade II), and fully ruptured (Grade III) [18]. If imaging is used for
diagnoses, the tissues will usually be classified as partial tears if anywhere from 25-75% of the
tissue is torn [20-24].
Treatments for partial tears can vary since there are contradictions as to whether or not
partial tears will spread.

Some research reports that the larger the tear in the tissue, the more

likely the injury will worsen [20, 21], while others report the length of the tear is irrelevant in
determining long-term functionality [25-27]. While it does appear that a certain severity of
partial tearing could lead to complete tissue failure, studies of the ACL report that tendons and
ligaments with smaller tears can eventually regain full functionality without operative treatments
[24, 28].
In the present work, tissue fracture toughness was used to clarify how resistant torn
tendons and ligaments are to rupture. Fracture toughness is a mechanical property that describes
a material’s ability to resist the propagation of cracks (e.g., partial tears). This property is
commonly determined by making an initial notch, or crack, in the material and measuring the
energy required to create a determined amount of new crack area (Jc). Identification of Jc
provides a key metric, which is used along with material failure stresses for estimation of the
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propensity of a cracked material to fail under load. Although Jc values have been reported for
other soft tissues [29-35], to date these values have not be reported for ligament or tendon tissue.
Although failure modes for particular tendons and ligaments have previously been
reported, we currently lack an understanding of the connection between loading mode and failure
mode. In particular, the connections between complex loading conditions and failure mode are
poorly understood, especially in the context of partially torn tissues. Increased understanding of
these factors holds potential clinical relevance for identifying physical loading conditions that
may have resulted in the ligament and tendon tears observed in a particular patient, and for
recommending appropriate activities and treatments for the patient.
The purpose of this research was to determine how resistive tendons and ligaments are to
tear propagation and to describe the failure modes in these tissues in both simple and complex
loading conditions.

2.2

Materials and Methods
To eliminate confounding effects due to multi-layer and multi-directional collagen fibrils,

the present work was conducted using two separate soft tissues that exhibit a predominant,
unidirectional collagen fiber orientation. Porcine Achilles tendon was utilized to perform an
exhaustive evaluation of fracture toughness and failure modes under seven different loading
configurations with varying initial crack lengths (120 tests in total). Human anterior longitudinal
ligament specimens were used to evaluate applicability of the results to a clinically relevant
tissue with substantially different fiber/matrix composition.

9

2.2.1

Porcine Achilles Tendon
Porcine feet were acquired from a local abattoir immediately after they had been

slaughtered and were then stored at -20º C until testing. At the time of testing, the feet were
thawed and the Achilles tendons were dissected. The tendons were sectioned using a cryotome
to a uniform thickness of 0.5 mm and cut using a microtome blade (0.25 mm thick) to sample
sizes of approximately 1 cm by 0.5 cm. Samples were pulled in tension using an Instron Model
3342 (Instron, Norwood, MA) at a rate of 10 mm/min. The two ends of each sample were held
using custom grips that included a 60 grit sand paper surface. The sandpaper was attached to
custom grips using adhesive (Loctite Model 1716815, Henkel, Düsseldorf, Germany) and was
replaced with fresh sand paper after each test to provide improved gripping of the samples.
Throughout testing, samples were kept hydrated using a phosphate buffered saline solution. To
aid in visual observations, the sample was backlit with a light-emitting diode, and the surface of
the tissue was speckled with graphite particles. The graphite was not used for accurate strain
measurements since observation of the particles indicated that they were not necessarily fixed in
place.
Seven configurations of the tensile test were performed.

Representations of these

configurations are shown in Figures 2-1 and 2-2. Figure 2-1 shows three standard uniaxial
tensions at different angles relative to the fiber orientation. Figure 2-2 shows four configurations
where the boundary conditions were varied. Variations in resistance due to fiber direction and
combined loading were also explored in this research. Many loading conditions have been
addressed in structural materials, for example, combined fracture loading modes [36, 37], and
fiber orientation of fiber-reinforced polymers [38, 39]. However, to the authors’ knowledge,
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objective comparison of failure under these conditions has yet to be addressed in ligaments and
tendons. The specific configurations utilized in the testing are described below.

Figure 2-1: Loading Configurations for Tension.

Figure 2-2: Loading Configurations for Non-uniform Strain and Multimodal.

11

Fiber Tension – Tension was applied parallel to the average orientation of the collagen
fibers.
45º Tension – Tension was applied along an axis 45º relative to the collagen fibers.
Matrix Tension – Tension was applied along an axis perpendicular to the collagen fibers.
Matrix Non-uniform Strain – Tension was applied along an axis perpendicular to the
collagen fibers, and the grips were orientated in the plane of the sample at a 15º angle relative to
each other.
Fiber Non-uniform Strain – Tension was applied parallel to the average orientation of the
collagen fibers, and the grips were orientated in the plane of the sample at a 15º angle relative to
each other.
Matrix Multimodal – Tension was applied along an axis perpendicular to the collagen
fibers, and an additional 20 degrees rotation was applied to the sample by rotating the upper grip
of the testing fixture.
Fiber Multimodal – Tension was applied along the average orientation of the collagen
fibers, and an additional 20 degrees rotation was applied to the sample by rotating the upper grip
of the testing fixture.
For each of the Fiber Tension, 45º Tension, and Matrix Tension groups, 24 samples were
tested. Half of the samples in each of these three groups were notched on one side of the sample
using the microtome blade. The notches were perpendicular to the loading direction about
halfway between the grips as shown in Figure 2-1. The notches were cut to various lengths to
determine if fracture toughness is independent of geometric parameters [29]. The remaining 12
tests were unnotched and used as a control group. Therefore, each of the 6 variations shown in
Figure 2-1 was tested 12 times. Each of the 8 non-uniform strain or multimodal variations
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shown in Figure 2-2 was tested 6 times. Half of those tests were notched in the same manner as
the tension groups. In total, 120 porcine tendon samples were tested.

2.2.2

Human Anterior Longitudinal Ligament
In addition to the porcine tendon, samples of human anterior longitudinal ligament (ALL)

were tested. Limitations of availability of cadaveric ligament samples constrained the testing
configurations such that only the Fiber Tension and Matrix Tension configurations described
previously were tested. A freshly frozen cadaveric thoracolumbar spine (T5-S1, 42 y.o., female)
was obtained following an Institutional Review Board approved protocol. The ALL samples
were carefully resected from each level of the spine. Samples were sectioned by hand using a
microtome blade and a custom cutting block to create uniform samples with an approximate
thickness of 1.5 mm. Samples were also cut to similar length and width as the porcine samples
resulting in 11 ALL testing samples. The precise dimensions of each sample were measured
using calipers at multiple locations as well as using calibrated optical photography.

2.2.3

Estimation of Fracture Toughness
For isotropic, linear, elastic materials, failure stress for a cracked (partially torn) material

can be predicted from Jc and the initial crack length a using the following equation
𝜎𝑓 =

1 𝐽𝑐 E
�
𝐹 𝜋𝑎

(2-1)

where E is the Young’s modulus and F is a geometry factor that depends upon boundary
conditions. This relationship is only accurate once a reaches a certain length. This observation
has been proven crucial for soft tissues [29]. A common approach for linear isotropic materials
is to determine the critical stress intensity value Kc, which is equal to (JcE)1/2, by directly relating
13

a to σf. However, due to the non-linearity of its constitutive response, the fracture toughness of
soft tissue is most commonly reported as Jc. The method for determining Jc usually includes
loading and unloading a testing specimen containing an initial notch and then dividing the
measured crack propagation energy, Uc, by the new crack area. The new crack area can be
described as the change in crack length, δa, times the sample thickness, t. Thus the equation for
fracture toughness becomes
𝐽𝑐 =

𝑈c
𝛿𝑎 ∗ 𝑡

(2-2)

Complexities in soft tissue, such as viscoelasticity, make measuring Uc difficult.
However, previously published research has proposed methods for making good approximations
for soft tissue fracture toughness [29-35]. For the present work, selection of a particular method
for approximating Uc became irrelevant when it became apparent that the quantity δa (change in
crack length) was negligible for all of the examined testing configurations (see the Results
section).

2.2.4

Characterization of Failure Modes
Three failure modes were noted and the terms necking, crazing, and crack-tip blunting,

were used to describe the failure modes. These words typically describe phenomena that occur
in solid mechanics, and the underlying physics of the failures may not directly correspond to
those occurring in the soft tissue. However, the similarity in visual failure patterns led us to
utilize these familiar classification terms for the failure modes occurring in the soft tissue. The
actual descriptions of the three modes are stated below.
Necking – Localized reduction of cross-sectional area at weaker locations. In some cases
the necking can occur in more than one region (e.g., Figure 2-5, No Notch, 45º Tension).
14

Crazing – After fiber failure, some of the matrix material remains intact in some
locations, as the failed fibers slide past each other. The appearance of crazing occurs as holes are
left between some of the remaining matrix. The appearance of the holes does not necessarily
occur in a relatively straight line across the sample, but can occur in random locations (e.g.,
Figure 2-5, No Notch, Fiber Tension).
Crack-tip Blunting – The radius of the tip of the notch enlarges dramatically during
deformation (e.g., Figure 2-5, Notch, Matrix Tension).

2.3

Results
Despite the broad variation in testing configuration, no observable crack propagation

occurred during testing to failure of any of the 131 samples (120 porcine Achilles tendon
samples, 11 human ALL samples) that were tested (i.e., Jc was infinite and failure strength does
not depend on the presence of a pre-existing tear). The dimensions of each sample, which
included length, width, thickness and crack length (if present), were quantified using calibrated
optical microscopy with Analyze 8.1 (Mayo Clinic, Rochester MN). These dimensions were
used to calculate the strength and stiffness of each testing sample. Figure 2-3 shows the strength
and stiffness of the samples in the Matrix Tension, 45º Tension, and Fiber Tension groups. The
modulus of each sample was calculated from the tangent of the linear region of the stress/strain
response. In the same figure, the results are compared to the strength and stiffness of the
remaining cross-section (i.e., non-torn cross-section) in the notched samples.
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Figure 2-3: Ultimate Tensile Strength and Young’s Modulus for Tension.

A paired T-test was used to evaluate differences between the notched and unnotched
samples from the porcine tendon and separately from human ALL tissues.

No statistical

differences were found in the porcine testing (p=0.468 in Fiber Tension, p=0.178 for 45º
Tension, p=0.226 for Matrix Tension), and the large p-values may indicate that the presence of a
notch does not have a large effect in weakening the remaining tissue. Sample size from the
human ALL values was not sufficient to provide a discriminating statistical comparison. Figure
2-4 compares the strength and stiffness results of the ALL for Fiber Tension and Matrix Tension
to the porcine tendon results. Due to the limited availability of ALL samples, Figure 2-4
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averages results from both the notched and unnotched samples.

Results showed that the

differences in material properties between the matrix and fiber direction for the porcine tendon is
much larger than the differences seen in the ALL.

Figure 2-4: Comparison of Porcine Tendon and the Anterior Longitudinal Ligament

Figure 2-5 and 2-6 shows exemplar testing samples before and during tension for each of
the testing configurations. For all of the configurations, the samples failed midsubstance (i.e., no
premature failure at the grip interfaces was noted). Descriptions of the observed failure modes
for each configuration are also included in these figures.
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Figure 2-5: Images and Failure Modes for Tension

Figure 2-6: Images and Failure Modes for Non-uniform Strain and Multimodal
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No considerable differences were seen in failure modes between the multimodal and the
tension configurations for either the fiber or matrix directions.

The non-uniform strain

configurations were also similar except for one side of the sample would fail first and then
failure would gradually progress to the other side. This progression was very apparent in the
fiber direction, but less apparent in the matrix direction.

2.4

Discussion
The tendons and ligaments tested in the present work demonstrated a remarkable ability

to completely resist tear propagation. Since there was no measurable change in the crack length,
δa, the value of Jc became virtually infinite. The results show that crack propagation does not
occur at any of the crack lengths tested despite exposure to a variety of loading situations, thus
the failure of the tissue occurs at the usual ultimate strength.
The high resistance to crack propagation can be explained by the material characteristics
of the tissue. For the Fiber Tension configurations, in order for the crack to propagate, it must
penetrate through the strong fibers. It is not surprising that the soft tissue was unable to produce
the energy required for this to happen. Although the present work does not support or reject it,
Taylor, et al., proposed a reasonable hypothesis that cracks may be more likely to propagate
through the fibers when the magnitudes of their respective stiffness are close [29]. For the
porcine tendon tested in the present work, there were 2-3 orders of magnitude difference between
the matrix and fiber stiffness, and crack propagation through the fibers might not be anticipated.
In the human ALL tissue tested, the fiber stiffness is significantly closer to that of the matrix
(approximately 1 order of magnitude), however even this stiffness differential was apparently too
high to encourage crack propagation. Since no propagation occurred, the remaining tissue above
and below the crack behaved as if it were unloaded.
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For the Matrix Tension configurations, the soft matrix material properties dominated the
crack propagation response. The radius of the crack increased dramatically as the samples were
pulled in tension, thus large stress risers did not occur at the tip of the crack and the crack did not
propagate. A published study has shown that soft tissue can still produce tear propagation
without having the very sharp crack tip necessary to geometrically induce the stress riser [31].
However, in the tissues that we tested, there was no visual evidence or evidence from measured
force-displacement data in the sample testing to indicate that crack propagation occurred. Also,
since no tear propagation occurred in the 45° tension configuration, it is likely that tendons and
ligaments are able to resist tears in any direction.
Multi-modal loading (to the extent that it was explored in the present work), appeared to
have minimal effect on the samples. Certainly, one could conceive of additional multi-modal
loading scenarios that might elicit a different response. For example, a strong shear load such as
that provided by a classic type II fracture toughness loading scenario might provide for tear
propagation. That mode of loading is unlikely in a typical injury scenario, however could
conceivably be induced during injury if combined with a high multi-axial pre-strain such as that
present in the ALL (see Figure 2-7) [40].
Since these tissues are resistant to tearing, the initial tears are most likely the result of
specific exacerbating boundary conditions. In the Fiber Non-uniform Strain samples, the failure
mode appeared to resemble standard Griffith crack propagation as the failure progressed across
the sample width. However, classification of this loading scenario as a example of crack
propagation is highly questionable, since the failure was simply a progressive tension loading of
small portions of the samples, which subsequently reached their normal failure stress. Previous
studies support the idea that partial tears are caused by asymmetric loading [41, 42], and that
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boundary conditions have been shown to independently tension fiber bundles of the same
ligament [43, 44].

Figure 2-7: Tears in Anterior Longitudinal Ligament

The results of this research are potentially limited to the particular continuum scale in
which they were tested. The thin slices and relatively small sample sizes accurately represent
how the matrix and fiber materials behave on a very local level. However, these samples may
not necessarily represent how the tendon or ligament behaves as a whole which could be an
explanation for the tearing that has been seen in intact tendons [45]. Other limitations stems
from the use of generally healthy tissue (e.g., young porcine tissue, 42 y.o. human ALL). The
relationship between tear propagation and the presence of a priori damage or fraying due to
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fatigue is not well-understood. If the tissue we tested had been damaged or frayed from fatigue,
results of fracture toughness may have varied. Furthermore, the results of this research were
measured quasi-statically at a low strain rate of 10 mm/min.

These loading rates represent

normal physiological loading and do not mimic acute injury situations. Higher strain rates may
be another factor in both the development of initial tears and in tear propagation. The results
from the ALL samples may not carry a high degree of confidence due to the low sample size.
However, the qualitative results were similar to the other 120 porcine samples tested and the
measured stress-strain behavior for the ALL matched published results [46].

2.5

Conclusions
Results of this study show that ligaments and tendons have an almost incredible ability to

resist further tearing once they have been initially torn. Consequently, the major concern for
patients with tendon or ligament tears is likely not reduction in ultimate tissue strength due to
stress risers at the tip of the tear, but rather a question of whether or not the remaining crosssection is large enough to support the anticipated loading, and whether the magnitude of
displacements in the tissue during subsequent loading will inhibit intrinsic tissue repair
processes.
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3

3.1

SHEAR DAMAGE PREDICTS BEHAVIOR OF TENDO-ACHILLES
LENGTHENING FOLLOWING PERCUTANEOUS TRIPLE HEMISECTION
TECHNIQUE

Introduction
The percutaneous triple hemisection technique for tendo-achilles lengthening, which has

been performed for nearly 100 years [47], has been proven to be a relatively safe and effective
procedure.

However, the same studies that have shown its effectiveness [48-53] also

acknowledge that full rupture can occur, leaving patients unable to walk. More common, but
less severe is the incidence of over-lengthening of the tendon. Both outcomes have proven
difficult to predict.

The surgical procedure itself is straightforward, but the biomechanical

rationale explaining the tendon lengthening process is still not fully understood.
The procedure is executed by making three percutaneous incisions into the Achilles
tendon thus creating three offset cuts which span approximately halfway across the width of the
tendon. The foot is then pulled in dorsiflexion causing the tendon to lengthen [54]. A visual
representation of the lengthening is shown in Figure 3-1. The lengthening occurs as the three
sections of the tendon (Sp, Sm and Sd) slide relative to each other and gaps are created at the
locations of the cuts (Cp, Cm and Cd). In order for the lengthening to be successful, the matrix
that binds the collagen fibred sections of tendon together has to initially weaken enough for the
sections to slide, but remain strong enough to keep the sections bound together. Cadaver studies
have shown that differences in the incisions made during the procedure drastically affect the
overall amount of tendon lengthening [55]. Specifically, the incision cut length appears to be
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linked to variations in tissue failure mechanisms in the tendon. The failure mechanisms in this
tendon lengthening are not well understood; however, an important aspect of shear failure
appears to be involved.
After
Lengthening
Before
Lengthening

Figure 3-1: Representation of Lengthening Procedure

The purpose of this research was to evaluate the hypothesis that shear failure of the
ground substance matrix predicts the tendon lengthening behavior that occurs as a result of the
percutaneous triple hemisection technique for tendo-achilles lengthening. This hypothesis was
evaluated by tracking the evolution of shear strain in the tendon using finite element simulations
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of the human Achilles tendon under a variety of incision cut lengths and tendon fiber directions,
while subject to boundary conditions similar to those occurring during the tendon lengthening
process. Thresholds for shear strain failure of the tendon were obtained through experimental
testing of porcine Achilles tendon and applied to the simulations. The finite element results were
compared with published literature describing human cadaveric studies of the technique.

3.2

3.2.1

Methods and Materials

Porcine Achilles Tendon Shear Strain Testing
Achilles tendons were dissected from fresh porcine feet that were obtained from the local

abattoir and stored at -20º C until testing. The tendons were sectioned to a uniform thickness of
0.5 mm using a cryotome. The sections were then cut to sample sizes of approximately 1 cm by
0.5 cm using a microtome blade (0.25mm thick). Two cuts were made using the microtome
blade on opposite sides of the sample. The cuts were approximately 0.3 cm apart and spanned
approximately 50% of the tendon width. The samples were marked using graphite flakes for
strain tracking. 12 samples were pulled in tension using custom grips with an Instron Model
3342 (Instron, Norwood, MA) at a rate of 10 mm/min. For each test, a fresh piece of 60 grit
sandpaper was glued (Loctite Model 1716815, Henkel, Düsseldorf, Germany) to custom soft
tissue grips to facilitate gripping of the sample. A phosphate buffered saline solution was
applied periodically throughout testing to keep the samples hydrated. Force and displacement
data was recorded for each of the sample tests and the dimensions of each sample were
quantified using calibrated optical microscopy. An example of these tests is shown in Figure
3-2. These tests demonstrated a similar failure evolution to that exhibited during percutaneous
tendon lengthening. A custom Matlab program (MathWorks, Natick, MA) utilized the calibrated
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optical microscopy data to calculate the shear strain in the matrix between the two sliding tendon
pieces. The force-displacement data was used to identify two key failure points: 1) the initial
tendon tissue failure point and 2) the post-failure point when the tendon reached relatively
constant level of force. At these two instances, approximately 10 shear strain calculations were
made at the locations of sliding and averaged to determine the average shear strain required to
trigger initial tendon failure and subsequently the end of the shear sliding matrix failure mode,
respectively.

These values for all twelve samples were then averaged to determine the

approximate shear strain values where the failure begins and levels off, which were 0.3 and 1.0
respectively.

Figure 3-2: Example of Porcine Shear Testing

3.2.2

Finite Element Model
The geometry of the finite element model was created in Unigraphics NX (Siemens,

Munich, Germany) using published anatomical data [56].
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The mesh (13,239 hexahedral

elements) was generated using TrueGrid (XYZ Scientific Applications, Inc., Livermore, CA).
Four different meshes were developed depicting four variations in fiber twist (rotation of the
fiber orientation about the central longitudinal axis of the Achilles tendon). To create the twists,
the edges of the elements were aligned with each fiber orientation. The four twist models (0°,
15°, 30°, and 45°) are shown in Figure 3-3.

Figure 3-3: Four Twist Models

For each of the four models, 13 different variations of incision cut lengths were
implemented to create a total of 52 different meshes. Three incision cuts for each mesh were
simulated in the tendon model by removing a single row of elements (the approximate thickness
of the blade) across a predetermined percentage of the tendon width. The three cuts were
longitudinally spaced 25 mm apart. The three incision cut lengths in each of these cases are
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shown in Table 3-1 with the given lengths corresponding to the three incision cuts labeled in
Figure 3-1.

The cases were selected based on published experimental cadaveric work by

Hoefnagels and colleagues [55]. In their study, the percutaneous tendon lengthening surgery was
performed on twenty cadaver legs by experienced surgeons. Observations of the variations in
incision cut length percentage that occurred during the surgery were reported. The cases in
Table 3-1 that were modeled in the present research were created to match those observations.

Table 3-1: Incision Cut Length [Percentage of Localized Tendon Width]
Cut Location

Case I

Case II

Case III

Case IV

Case V

Case VI

Case VII

Proximal (Cp)
Middle (Cm)

20%
40%

20%
60%

40%
40%

40%
40%

40%
40%

40%
60%

45%
45%

Distal (Cd)

60%

80%

40%

60%

80%

40%

45%

Case VIII

Case IX

Case X

Case XI

Case XII

Case XIII

Proximal (Cp)
Middle (Cm)

55%
55%

60%
40%

60%
40%

60%
60%

80%
40%

80%
60%

Distal (Cd)

55%

40%

60%

40%

40%

40%

The constitutive behavior of the tendon was classified using a common decoupled
transversely isotropic, hyperelastic material that separates the behavior of the collagen fibers and
the matrix [8]. The deviatoric strain energy equation for the constitutive model can be written as
W = 𝐹1 (𝐼1 , 𝐼2 ) + 𝐹2 (𝜆)

(3-1)

𝐹1 is the strain energy from the matrix response based on the invariants of the right Cauchy-

Green deformation tensor 𝐼1 and 𝐼2 , and is represented using a Mooney-Rivlin material model
where

𝐹1 =

𝐶1
2

(𝐼1 − 3) +

𝐶2
2
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(𝐼2 − 3).

(3-2)

The strain energy 𝐹2 was described by Weiss, et al. in previous published research [57] and is

formulated using the following strain energy derivatives:
𝜆
𝜆
𝜆

𝜕𝐹2
= 0,
𝜕𝜆

𝜕𝐹2
= 𝐶3 �exp�𝐶4 (𝜆 − 1)� − 1�,
𝜕𝜆

𝜕𝐹2
= 𝐶5 𝜆 + 𝐶6 ,
𝜕𝜆

𝜆≤1

(3-3)

𝜆 ≥ 𝜆∗

(3-5)

1 < 𝜆 < 𝜆∗

𝐶6 = 𝐶3 �exp�𝐶4 (𝜆∗ − 1)� − 1� − 𝐶5 𝜆∗ .

(3-4)

(3-6)

This continuum formulation of the transversely isotropic material properties obviates the
need for explicitly implemented fibers. Fiber direction was defined to be coincident with the
tendon fiber orientation (the previously described fiber twist). The parameters for this model
were determined by optimizing the material parameters (𝑪𝟏 , 𝑪𝟐 , 𝑪𝟑 , 𝑪𝟒 , 𝑪𝟓 and 𝝀∗ ) to fit

published stress-strain behaviors of the human Achilles tendon [58]. The parameters are shown
in Table 3-2.

Table 3-2: Material Model Parameters

𝑪𝟏

1.50
𝑪𝟓

441.9

𝑪𝟐

0.00

𝑪𝟑

0.574

84.3

𝝀∗

𝛄𝐦
𝐦𝐢𝐧

𝛄𝐦
𝐦𝐚𝐱

1.047

0.3

𝑪𝟒

1.00

𝐦
𝛄𝐦
𝐦𝐢𝐧 and 𝛄𝐦𝐚𝐱 are the shear strain values where the matrix failure begins and levels off as

determined from experimental testing performed on the porcine tendon. These parameters were
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used in a similar approach to previously developed damage models [59-61] where a scaling
factor (𝑔) from 0 to 1 scales the material constitutive response relative to the values of 𝛄𝐦
𝐦𝐢𝐧 and
𝛄𝐦
𝐦𝐚𝐱 . The function 𝑔 was defined as
1,

⎧
2
2
⎪
γm
− γm
γm
− γm
t
max
t
max
m
� �� m
� ,
𝑔�γt � = �2 − � m
γmin − γm
γmin − γm
⎨
max
max
⎪
0,
⎩

if γm
< γm
t
min

if γm
≤ γm
≤ γm
min
t
max

(3-7)

if γm
> γm
t
max

𝛄𝐦
𝐭 is the deterministic value in this equation and is the maximum shear strain that occurs

in any plain that includes the fiber direction. All 52 of the finite element models were simulated
by fixing the distal end of the tendon while the proximal end was displaced 10 mm. The
simulations were performed using FEBio (version 1.6.1, SCII, Salt Lake City, UT). The 0° finite
element model using Case VIII exhibited strain convergence (mesh discretization sensitivity)
while more than doubling the number of elements resulted in changes less than 5%.

3.3

Results
Damage magnitude was determined by subtracting 𝑔 from unity. Figure 3-4 shows

damage for all cases of the 0° twist model. The damage is represented by the darker grey areas.
In some cases damage appears initially around the tips of the incision cuts and for others extends
longitudinally between incision cuts. Increased regions of damage occurred when the tips of the
contralateral incision cuts coincided. Figure 3-5 shows an example comparison of damage
across all twist models with the same incision cut lengths (Case I). Only minor differences were
observed. Although this figure only shows the results for Case I, twist comparison results for all
of the cases were similar in that there were no considerable differences between the different
twist variations that had the same incision cut lengths. The results for all of the cases with all
twist models can be found in the Appendix A.
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Figure 3-4: Damage in Each Case for 0° Twist Model
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Figure 3-5: Damage for Case I for Each Twist Model

Figure 3-6: Total Damage for Each Case and Each Twist Model
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The results were quantified by summing the damage values of for the elements in the entire
model and are illustrated in Figure 3-6. Considerable differences were seen between cases, but
the effects of twist were less pronounced.

Figure 3-7: Comparison of Numerical and Experimental Lengthening

Hoefnagels, et al. reported the tendon sliding at each incision cut and the associated
initial incision cut lengths.

Figure 3-7 compares the amount of sliding that occurred in

Hoefnagels, et al.’s experimental results to the predicted damage in the current work. The results
are reported as the percentage of total sliding that occurs distally.

The numerical distal

percentage is calculated as the total damage in section Dd divided by the total damage in both
sections Dp and Dd. The experimental distal percentage is calculated as the total lengthening that
occurred in gap Ld divided by the total lengthening that occurred in both gaps Lp and Ld.
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Because fiber twist was not reported for the experimental data, the experimental results were
compared to each of the four twist models. The results in Figure 3-7 also show that the models
were able to predict which location, proximal or distal, would slide more in all cases except for
one. The grey highlighted regions indicate that the numerical and experimental results identify
the same predominate location of sliding (distal or proximal).

3.4

Discussion
Shear damage was able to predict the predominate region of tendon lengthening that

occurs during the percutaneous triple hemisection technique based on incision cut length.
Specifically, in all but one of the cases (Case IV), the shear strain damage was able to predict
whether more lengthening would occur in the distal or proximal region. The results for Case IV
were difficult to predict since not much sliding occurred in the experimental testing and this case
was only reported once in the published literature making comparisons difficult. As several of
the other cases also had few reported experimental results, more testing data is required to
enhance the predictive capability of the damage model. However, the results illustrate clearly
that shear damage plays an important role in the triggering the failure modes occurring during
this procedure.
In general, our results agreed with the literature that fiber twist is not the predominant
factor in determining the amount or mode of lengthening during percutaneous triple hemisection
tendo-achilles lengthening [50]. In all of the cases evaluated, incision cut length was a much
more significant factor in terms of both predicted shear damage, as well as in experimentally
observed tendon lengthening. However, the effects of fiber twist as a secondary mechanical
factor related to shear damage were evident in all but two of the cases. Interpretation of these
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results was confounded by the multi-factorial nature of the material and boundary conditions and
warrants further study.
The predictive capabilities of accumulated shear damage are not without limitations.
First, due to our methodology for applying fiber twist to the model (i.e., aligning the elements
along the fiber twist direction), application of fiber twists greater than 45° presented meshing
difficulties. Despite this limitation, a range of 0° to 45° includes roughly 75% of the population
𝐦
[62]. Second, the shear damage limits (𝛄𝐦
𝐦𝐢𝐧 and 𝛄𝐦𝐚𝐱 ) were determined using porcine tendon

and not human tendon. While we do believe that these parameters would be different for human

tendon, based on the methods used in this research, we don’t believe that this would substantially
affect the conclusions made. Based on what was observed from the total damage results in
Figure 3-6, it is likely that higher parameters would result in more damage in all areas thus
keeping similar ratios and similar results between twist models. Finally, since the model does
not adapt (through iterative weakening in the material response of the matrix), the model is only
capable of predicting short term changes and not long term effects.

Therefore, a logical

progression of this research would be to develop a model capable of incorporating continuum
damage mechanics to actually predict the entire evolution of the tendon lengthening process.
Nonetheless, the predictive capability of ground substance matrix shear damage as presented in
this research has been shown to be a reasonable choice for establishing a damage model for
percutaneous triple hemisection tendo-achilles lengthening and provides the beginnings of a
mechanistic explanation for varied clinical success.

3.5

Conclusions
Shear damage of the ground substance matrix was able to predict the predominant region

of tendon lengthening that occurs during percutaneous the triple hemisection technique for
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tendo-achilles lengthening based on incision cut length. The incision cut lengths were the
predominant factors in determining the amount or mode of lengthening; however, the influence
of the fiber twist as a secondary factor warrants additional study. The lengthening prediction
will increase the understanding of the percutaneous procedure to reduce the likelihood of overlengthening and full rupture. If further studies conclude that variance in incision cut lengths
should be completely avoided, it may be determined that an open procedure or less invasive
imaging techniques such as ultrasound may reduce over-lengthening.
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4

4.1

A DAMAGE MODEL FOR THE PERCUTANEOUS TRIPLE HEMISECTION
TECHNIQUE FOR TENDO-ACHILLES LENGTHENING

Introduction
Although the percutaneous triple hemisection technique for tendo-achilles lengthening

has been used for nearly 100 years [47], the amount of tendon lengthening that occurs during the
procedure remains difficult to predict. Many studies have shown the procedure to be relatively
safe and effective [48-53]. However, these studies also suggest that over-lengthening, or even
full rupture of the tendon may occur, drastically reducing the patient’s ability to walk.
Therefore, accurate prediction of lengthening, as well as an enhanced understanding of the
mechanisms of action in this procedure remain important topics to understand.
The difficulty in predicting lengthening is inherent in the procedure itself. It is performed
by making three offset percutaneous cuts from the edge of the tendon to the approximate center
of the tendon, followed by pulling the foot in dorsiflexion [54]. When enough force is applied to
the incised tendon, gaps are created at the locations of the incisions as the fibred sections slide
relative to each other while being held together by a weakened matrix.

Cadaver studies have

shown that variations in the incisions made during the procedure drastically affect the overall
amount of lengthening that occurs in the tendon [55]. In some cases, the offset cuts are not
sufficiently long to sever all of the connecting fibers, and those fibers must also weaken before
any sliding takes place.

4-1 illustrates the tendon before and after lengthening process. Full

rupture can occur if the matrix material becomes too weak to hold the sections of the tendon
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together. Since the biomechanics of the procedure are still unclear, mechanical results remain
difficult to predict.
After
Lengthening

Before
Lengthening

Figure 4-1: Tendon Before and After Lengthening

Because the weakened matrix material is responsible for holding the tendon pieces
together, modeling this material behavior is important for predicting the success of the
procedure. The behavior of weakened soft tissue for various other conditions, for both the
matrix and fiber response, has been described through previously developed models that predict
the behavior on a macroscopic scale [59-61]. Many of the models were developed using a nonlinear continuum damage mechanics framework [63] with the ability to describe irreversible
effects [64-66]. The purpose of this research was to develop a non-linear continuum damage
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mechanics model that describes the specific matrix and fiber damage that occurs during the
percutaneous tendon lengthening procedure.

Application of this model may help to better

understand and predict the amount of lengthening that occurs during the procedure.

4.2

Description of the Damage Model
To the authors’ knowledge, a damage model has never been applied to evaluate triple

hemisection tendon lengthening. Our approach mimics that employed by others in modeling
damage in fibered soft tissues [59-61], with the significant change of utilizing a shear strain
driven damage criteria. This section contains a summary of the specific damage model that was
used for this research.
The constitutive behavior of tendons is commonly decomposed into contributions from
the collagen fibers and the ground substance matrix [8]. The free energy (strain energy) equation
for the constitutive model chosen for this research can thus be represented by the decoupled form
� 0m (𝐼1̅ , 𝐼2̅ ) + 𝚿
� 0f �𝜆̅� + 𝚿vol (𝐽)
𝚿= 𝚿

(4-1)

� 0m and 𝚿
� 0f represent the strain energies
where 𝚿vol represents the dilatational strain energy and 𝚿

for the matrix and the fibers respectively. For the matrix and the fibers, the subscripts are used to
denote that the material is undamaged.

Thus, the complete strain energy 𝚿, represents a

transversely isotropic, incompressible material. 𝐼1̅ and 𝐼2̅ are the deviatoric invariants of the
right deformation tensor, and 𝜆̅ is the deviatoric local fiber stretch. The dilational strain energy
was defined as

𝚿vol (𝐽) =

𝐾
ln(𝐽)2
2
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(4-2)

where K is the bulk modulus and J is the volume ratio . The strain energy for the matrix was
represented by a Mooney-Rivlin material model where
� 0m = 𝐶1 (𝐼1̅ − 3) + 𝐶2 (𝐼2̅ − 3).
𝚿
2

(4-3)

2

� 0f was described in previous published research [57] and is formulated
The fiber strain energy 𝚿
using the following strain energy derivatives:
𝜆̅

𝜆̅

𝜆̅

� 0f
𝜕𝚿
= 0,
𝜕𝜆

� 0f
𝜕𝚿
= 𝐶3 �exp �𝐶4 � 𝜆̅ − 1�� − 1� ,
𝜕𝜆
� 0f
𝜕𝚿
= 𝐶5 𝜆̅ + 𝐶6 ,
𝜕𝜆

𝜆̅ ≤ 1

(4-4)

𝜆̅ ≥ 𝜆∗

(4-6)

(4-5)

1 < 𝜆̅ < 𝜆∗

where C6 is not an independent parameter, but instead represents the contribution of the fiber
response prior to 𝜆∗ .

(4-7)

𝐶6 = 𝐶3 �exp�𝐶4 (𝜆∗ − 1)� − 1� − 𝐶5 𝜆∗ .

Equation (4-4) reflects the tissues inability to support a significant compressive load. Once in
tension, the tissue initially experiences the stiffening response detailed in equation (4-5). When
the stretch reaches 𝜆∗ , the constitutive response becomes linear as expressed in equation (4-6).
The previously mentioned strain energy equations for the matrix and fiber materials can be used
to produce the following second Piola-Kirchhoff stress for the undamaged material [57] where 𝐂�
is the deviatoric right Cauchy-Green tensor

𝐒�0m = 𝐽−2/3 DEV �2

� 0m
𝜕𝚿
�
𝜕𝐂�

and 𝐒�0f = 𝐽−2/3 DEV �2

� 0f
𝜕𝚿
�.
𝜕𝐂�

(4-8)

The material damage was created by applying the damage factors, Df and Dm, to the
deviatoric portions of the stress [64] so that free energy becomes a function of the right Cauchy40

Green strain tensor C, and the factors Df, and Dm. Df, and Dm are normalized scalars from 0 to 1
representing the amount of phenomenological damage of the fibers and matrix respectively. This
process must satisfy the Clausius-Duhem inequality such that
𝚿̇ −

1
𝐒: 𝐂̇ ≤ 0
2

(4-9)

where the entire second Piola-Kirchhoff stress becomes
𝐒=2

𝜕𝚿(𝐂, 𝐷𝑚 , 𝐷𝑓 )
.
𝜕𝐂

(4-10)

The evolution of the damage parameters Dm and Df is determined by physical parameters
(e.g., matrix tearing, number of strands within a collagen fiber that have been severed, etc).
However, we utilize damage evolution functionals 𝑔̅m (𝐷𝑚 ) and 𝑔̅𝑓 �𝐷𝑓 � that are more easily

computed and transferred into a computational framework. For the matrix material, damage is

dependent upon γm
t , which is defined as the maximum shear strain up to the current time t in any

plane that includes the fiber direction. For the fiber material, damage is dependent upon 𝜆ft ,

which is defined as the maximum amount of fiber stretch experienced prior to the current time t.
Thus, the equation for 𝑔̅m was described as follows
𝑔̅m (γm
t )

⎧
⎪

1,

2

2

m
if γm
t < γmin

(4-11)

m
m
γm
γm
t − γmax
t − γmax
m
m
= (1 − 𝛼m ) �2 − � m
�
�
� + 𝛼m , if γm
�
min ≤ γt ≤ γmax
m
m
m
γ
−
γ
γ
−
γ
⎨
max
max
min
min
⎪
m
𝛼m ,
if γm
⎩
t > γmax

m
where γm
min and γmax are the beginning and ending threshold levels for the damage evolution.

The term 𝛼m has been added to represent a minimum limit of tissue strength which reflects the

phenomenological observation that the matrix still exhibits a resistance to shear deformation
after complete tissue failure, likely due to viscous effects.
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The equation for 𝑔̅f is similar to that described for 𝑔̅m except that it does not incorporate

a minimum strength term. Therefore, the damage begins at 𝜆fmin , but the fiber fails completely
once it hits the upper threshold 𝜆fmax . The equation is as follows
𝑔̅f �𝜆ft �

=

⎧
⎪

�2 − �

⎨
⎪
⎩

1,

𝜆ft − 𝜆fmax

𝜆fmin
0,

−

𝜆fmax

2

� ��

𝜆ft − 𝜆fmax

𝜆fmin

−

𝜆fmax

2

� ,

if 𝜆ft < 𝜆fmin

if 𝜆fmin ≤ 𝜆ft ≤ 𝜆fmax

(4-12)

if 𝜆ft > 𝜆fmax

With the damage factors are added, the deviatoric portions of the second Piola-Kirchhoff stress
at any time t become
𝐒� m (𝑡) = 𝑔̅m (γmt )2

� 0m (𝐂�(𝑡))
𝜕𝚿
𝜕𝐂

and 𝐒� f (𝑡) = 𝑔̅f (𝜆ft )2

� 0f (𝐂�(𝑡))
𝜕𝚿
𝜕𝐂

.

(4-13)

When combining all decoupled second Piola-Kirchhiff stresses the total second Piola-Kirchhiff
stress becomes
𝐒 = 𝐒vol + 𝐒� m + 𝐒� f .

(4-14)

𝛔 = 𝐽−1 𝝌∗ (𝐒) .

(4-15)

Then Cauchy stress tensor σ may then be determined relative to J and the push-forward of S by

4.3

Demonstration of the Damage Model
Two separate series of experimental tests were performed to quantify the matrix and fiber

damage behavior of porcine Achilles tendon. Data from the experimental tests were used in
conjunction with a system identification study to identify the optimized damage model
parameters that best fit the experimental results. Included in this section are the experimental
methods for both the matrix and fiber components along with comparisons between the
experimental results and the numerical results from the damage model. The parameter results
from the porcine Achilles tendon were then combined with previously reported human Achilles
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tendon properties to demonstrate combined matrix and fiber damage effects on the human tendon
subjected to percutaneous tendon lengthening.

4.3.1

Calibration of Fiber Damage Parameters

Experimental Methods
Fresh porcine feet were obtained from a local abattoir and stored at -20º C until testing.
Just prior to testing, the feet were thawed and the Achilles tendons were dissected and sliced
using a cryotome to a uniform thickness of 0.5 mm. Sections of the tendon were cut using a
microtome blade (0.25 mm thick) to sample sizes of approximately 1 cm by 0.5 cm. 12 of these
testing samples were pulled in tension, in the same direction as the approximate average fiber
direction, using an Instron Model 3342 (Instron, Norwood, MA) at a rate of 10 mm/min.

Figure 4-2: Fiber Damage Evolution for Fiber Testing
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Each end of each sample was held in place using custom grips that included a 60 grit
sand paper surface. The sandpaper was glued to the custom grips using adhesive (Loctite
Model 1716815, Henkel, Düsseldorf, Germany) and was replaced prior to each test to provide
improved gripping of the samples. A phosphate buffered saline solution was used throughout
testing to keep the samples hydrated. Force and displacement data was recorded for each of the
tests. An example of the damage evolution observed during these tests is shown in Figure 4-2.
Individual sample dimensions were quantified using calibrated optical microscopy to facilitate
calculation of stretch and stress. A sample with a stiffness similar to the approximate average
stiffness of all 12 samples was selected for comparison to the damage model.

Model Comparison
The system identification procedure optimized the sum of squared error between the
measured stretch-stress relationship for the selected testing sample and the computed stretchstress relationship predicted by the damage model using a generalized reduced gradient nonlinear
solver. 𝐶3 , 𝐶4 , 𝐶5 , 𝜆∗ , 𝜆fmin , and 𝜆fmax were all optimized without bounds and were insensitive to
our choice of initial value. The resulting parameters are shown in Table 4-1.

Table 4-1: Fiber Damage Parameters

𝑪𝟑 (𝐌𝐏𝐚)
0.206

𝑪𝟒

18.6

𝑪𝟓 (𝐌𝐏𝐚)
48.2
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𝝀∗

1.14

𝝀𝐟𝐦𝐢𝐧
1.25

𝝀𝐟𝐦𝐚𝐱
1.47

A comparison between the stretch-stress relationship for the selected testing sample and
the stretch-stress relationship for the optimized numerical solution (in the fiber direction) is
shown in Figure 4-3.

Figure 4-3: Experimental and Numerical Results for Fiber Testing

4.3.2

Calibration of Matrix Damage Parameters

Experimental Methods
12 dissected porcine Achilles tendon samples were obtained in a similar manner as
described previously for the fiber testing with a uniform thickness of 0.5 mm with an
approximate size of 1 cm by 0.5 cm. Two cuts, approximately 0.3 cm apart and on opposite
sides, were made in the sample from the edge of the sample to approximately the center of the
sample. Graphite flakes were placed on the sample for strain tracking. Tension was applied to
the samples in a similar manner as the fiber tests using the Instron and the custom grips. The
tension induced a dramatic change in configuration (and damage to the matrix component of the
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tendon), representative of that exhibited during percutaneous tendon lengthening (Figure 4-4).
Force and displacement data was recorded. Individual sample dimensions were quantified using
calibrated optical microscopy. A sample with a maximum force similar to the average maximum
force of the 12 samples was selected for comparison to the numerical model.

Figure 4-4: Comparison of Shear Testing and Shear Model

Model Comparison
An iterative system identification procedure was used to identify material and matrix
damage parameters that corresponded well with the matrix experimental testing data. Fiber
material parameters (𝐶3 , 𝐶4 , 𝐶5 , 𝜆∗ ) and fiber damage parameters (𝜆fmin and 𝜆fmax ) were
constrained to the values provided previously in Table 1. The final parameters used are shown in
Table 2.
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Table 4-2: Matrix Damage Parameters

𝑪𝟏 (MPa) 𝑪𝟐 (𝑴𝑷𝒂)
0.100

0.028

𝝉𝐦
𝐦𝐢𝐧

0.100

𝝉𝐦
𝐦𝐚𝐱
4.20

𝜶𝐦

0.09

The dimensions for the finite element model were matched to those obtained from the
calibrated optical microscopy results of the sample (10 mm X 7.5 mm X 0.5 mm). The mesh
(2,458 hexahedral elements) for the nonlinear finite element model created for comparison to the
selected sample was created in LS-PrePost (LSTC, Livermore, CA). The finite element model
was fixed at one end and pulled in tension on the opposite side, corresponding to the
experimental conditions outlined above. The simulation was performed using FEBio (version
1.6.1, SCII, Salt Lake City, UT). A comparison of the finite element model deformation and
video stills of testing sample at several corresponding force condition is shown in Figure 4-4. A
comparison between the force-displacement relationship for the selected testing sample and the
force-displacement relationship for the optimized numerical solution is shown in Figure 4-5.

Figure 4-5: Experimental and Numerical Results for Shear Testing
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4.3.3

Human Tendon Model
A hexahedral mesh (13,239 elements) of a human Achilles tendon was generated using

TrueGrid (XYZ Scientific Applications, Inc., Livermore, CA). The anatomical geometry was
constructed in Unigraphics NX (Siemens, Munich, Germany) based on published anatomical
data [56]. Three cuts were simulated in the tendon model by removing a single row of elements
corresponding to the cut location and approximate scalpel blade width. The three cuts were
spaced 25 mm apart and were made though half of the width of the tendon. The model was fixed
at the calcaneal end of the tendon and the superior end was pulled to a displacement of 50 mm.
𝐶1 , 𝐶2 , 𝐶3 , 𝐶4 , 𝐶5 , 𝜆∗ , 𝜆fmin , and 𝜆fmax were determined from published stress-strain and tensile

failure data for the human Achilles tendon [58]. We were unable to find matrix shear failure data
m
m
, 𝜏max
, and 𝛼m from the
for human Achilles tendon in the published literature, therefore 𝜏min

porcine Achilles tendon as identified above were incorporated into this model. The material
properties and damage parameters used are shown in Table 3. The model was simulated using
FEBio (version 1.6.1, SCII, Salt Lake City, UT). The FEBio code that was developed for this
model is detailed in Appendix B.

Table 4-3: Human Achilles Tendon Model Parameters

𝑪𝟏

1.5

𝑪𝟐

0.00

𝑪𝟑

0.574

𝑪𝟒

84.3

441.9

𝝉𝐦
𝐦𝐢𝐧

𝝉𝐦
𝐦𝐚𝐱

𝜶𝐦

𝝀𝐟𝐦𝐢𝐧

𝝀𝐟𝐦𝐚𝐱

0.1

4.20

0.09

0.63
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𝑪𝟓

1.50

𝝀∗

1.047

Figure 4-6 shows the lengthening progression of the simulation results. The model was
able to simulate the sliding that occurs and the gap progression. Although damage occurred in
the majority of the sliding areas, the tendon remained intact when displaced 50mm. These
results qualitatively match reported clinical observations of the surgical procedure [51, 54, 55].

Figure 4-6: Progression of Human Achilles Lengthening Simulation

4.4

Conclusions
A phenomenological damage model was developed to represent the tissue weakening that

occurs during a percutaneous triple hemisection technique for tendo-achilles lengthening. The
model utilized both matrix and fiber damage and replicated the observed behavior of the tendon
tissue during the surgical procedure. Matrix damage was triggered and evolved relative to shear
strain. A terminal level of damage was utilized in order to mimic the observed behavior of the
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matrix material in shear sliding. Fiber damage was also implemented since connected fibers may
need to fail prior to tendon lengthening.
Three examples were developed to show the functionality of the damage model and were
used in comparison to experimental tests. Two models were given to demonstrate the evolution
of the damage for the ground matrix and the collagen fibers separately. The model was then
utilized in a human Achilles tendon simulation and was able to replicate the tendo-achilles
lengthening procedure.
There are limitations to the presented damage model. First, because the chosen evolution
criterion depend on fiber stretch and shear strain, rather than on an energy criterion, the resultant
tangent modulus becomes non-symmetric and therefore computationally expensive [59]. These
difficulties coupled with other complications already inherent in the convergence of strainsoftening simulations, can make convergence increasingly challenging, especially in the large
human Achilles tendon model where both fiber and matrix failure occur. Applying concepts
understood from recent advances made in soft tissue damage models [67-74] will likely improve
some of the convergence issues. Second, the phenomenological nature of the proposed model
requires very large strains to duplicate the amount of sliding that occurs during the tendon
lengthening. For incompressible material models, large strains may produce unintended Poisson
coupling that misrepresents the true physiological behavior. Finally, the Mooney-Rivlin model
chosen to represent the matrix material has limitations in representing shear behavior of soft
tissues [75]. However, existing alternatives such as the Veronda and Westmann model [76],
would likely have difficulty representing shear damage at large strains due to their exponential
formulation.
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In summary, the presented damage model provides a basic foundation for predicting the
behavior of tendon tissue in common surgical scenarios. In specific, the damage model was able
to reproduce the evolution of percutaneous triple-hemisection tendo-Achilles lengthening. It is
anticipated that accurate modeling of this surgical procedure will lead to an enhancement of our
understanding of the physics of this procedure, with potential reduction in the incidence rates of
severe over-lengthening.
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5

5.1

BIOMECHANICAL RATIONALE FOR VARIATIONS IN INCIDENCE RATES OF
LOWER BACK PAIN BASED ON “PATTERNS” OF LUMBAR DISC
DEGENERATION

Introduction
Low back pain is the world’s most debilitating condition with tremendous socioeconomic

financial burden [77-80]. However, due to its multifactorial nature, the specific etiology of a
particular patient’s low back pain is often elusive [81, 82]. Low back pain has been associated
with intervertebral disc degeneration [83-88], but reported cases of asymptomatic intervertebral
disc degeneration have left questions regarding the link between low back pain and disc
degeneration [89, 90].
Although disc degeneration is likely to play a major role in low back pain, other spinal
elements are known to induce pain. For example, spinal ligaments, which have been reported as
being innervated [91], have been identified as pain sources [92-95], and facet joint pain is also
commonly reported [96-99]. Understanding how the pain associated with these spinal elements
is linked to disc degeneration may be important in determining why some cases of disc
degeneration are symptomatic and others are not.
According to Cheung et al, differences in symptomatic and asymptomatic disc
degeneration may be explained by different “patterns” of disc degeneration [9]. The authors
compared the clinical and imaging data of two groups of patients, those exhibiting contiguous
(i.e. consecutive) multi-level disc degeneration (CMDD) and those with skipped-level disc
degeneration (SLDD) characterized as a normal, non-degenerated disc(s) levels in-between
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degenerated discs. The presence of low back pain (which was determined from standardized
visual analog scale questionnaires) was found to be less likely in subjects with SLDD.
Furthermore, the severity of the pain for those in the SLDD group having low back pain was
generally less severe. Although biomechanical reasons for the differences in pain occurrence
and severity have been hypothesized, these biomechanical differences between SLDD and
CMDD have yet to be critically evaluated. As such, the purpose of the present work was to
utilize a nonlinear finite element model of the lumbar spine to identify the differences in multisegment spinal biomechanics consequent to SLDD and CMDD patterns.

5.2

5.2.1

Materials and Methods

Finite Element Model
A previously validated nonlinear finite element model (Figure 5-1) of the lumbar spine

was used as the baseline model for the present work and details of the model development and
rationale have been previously published [100]. However, a brief description of the model
development is included here for reference. A hexahedral finite element model of the lumbar
spine (T12-S1) was developed corresponding to the geometry of a 65 year-old female based on
quantitative computed tomography (QCT) data of a lumbar cadaver spine. Localized orthotropic
moduli and Poisson’s ratio were individually calculated for each cancellous bone element based
on calibrated bone mineral densities (as represented in the QCT data) and published cancellous
bone properties relationships [101, 102]. The equations that were used for determining the
moduli and Poisson’s ratios are shown in Table 5-1. A layer of vertebral cortical bone was
simulated around the vertebrae by attaching shell elements with isotropic material properties
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[103, 104].

Contact between adjacent vertebrae was modeled using frictionless surface to

surface penalty methods.

Figure 5-1: Nonlinear Finite Element Model of the Lumbar Spine

The QCT scans were used to apply orthotropic material properties to each hexahedral
element representing the cancellous bone of the vertebrae. The calibrated bone mineral densities
were correlated with the published orthotropic properties [101, 102]. The equations that were
used for determining the moduli and Poisson’s ratios are shown in Table 5-1. A layer of cortical
bone was added around the vertebrae by attaching shell elements to the outside surfaces of the
vertebral hexagonal elements. The published isotropic material properties [103, 104] used in this
analysis are shown in Table 5-1. Contact between the vertebrae was modeled using frictionless
surface to surface penalty methods.
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Table 5-1: Material Formulations and Properties
Bone Structure

Formulation

Modulus (MPa)

Poisson's ratio

References

Cortical bone

Isotropic, elastic
shell elements

12000

0.2

[103,104]

1.56

Cancellous bone

Density dependent
anisotropic, elastic
hex elements

Ligament

Cross-sectional
Area

Ez=4730ρ

(1)

Ex= 0.42Ez

0.23, 0.4, 0.38

Constitutive Relationship - Strain, Stress
C

0.12, 1.15

0.44, 9.11

0.57, 10.3

0.11, 2.04

0.34, 16.19

0.44, 20.8

2

0.07, 2.04

0.19, 9.14

0.25, 10.38

2

0.17, 0.95

0.38, 5.86

0.54, 6.69

2

0.17, 0.95

0.38, 5.86

0.54, 6.69

65.6 mm

PLL

25.7 mm2

SSL
CL
Annulus Fibrosus

39.0 mm

15.1 mm
15.1 mm

(4)

E=0.3

0.074 mm

Formulation

Outer annulus fibrosus
(Non-degenerated)
Outer annulus fibrosus
(Degenerate)

Anisotropic, elastic
hex elements
Anisotropic, elastic
hex elements
Anisotropic, elastic
hex elements

Nucleus Pulposus

Formulation

Inner annulus fibrosus

(3)

B

ALL

ISL

[101,102]

Ey= 0.29Ez

A
2

LF

(2)

(6)

(5)
(2)

Modulus (MPa)

Poisson's ratio

5.59,0.34,0.19

1.86,0.88,0.14

20.9,0.42,0.29

2.27,0.79,0.61

22.9,0.32,0.35

1.88,0.46,0.61

Bulk Modulus
(MPa)

References
[133]
[109]
[109]
References

Nucleus pulposus
Fluid hex elements
1720
[106,107]
(Non-degenerated)
Nucleus pulposus
Fluid hex elements
70
[106,108]
(Degenerate)
*NOTE (1) The modulus in the z direction represents the modulus in the axial (superior-inferior) direction and is calculated from the bone
mineral density. The moduli ratios in the orthogonal directions were obtained from the literature. (2) Poisson’s ratios for the three orthotropic
directions. (3) The constitutive relationships for the all of the ligaments except for the facet joint capsules were modeled using a piecewise
linear representation. The modulus changes at inflection points A, B, and C, which are listed for each ligament as the stress-strain relationship.
(4) The ligament size for the CL is reported as thickness. (5) The facet joint capsules were simplified as linear elastic with the stated modulus.
Nonlinear relationships and areas were published in Chazal et.al and CL properties were published in Little and Khalsa 2005. (6) Orthotropic
moduli.
(ALL) Anterior Longitudinal Lligament, (PLL) posterior longitudinal ligament, (LF) ligamentum flavum, (ISL) interspinous ligament, (SSL)
supraspinous ligament, (CL) and joint capsules

The spinal ligaments were modeled using nonlinear, tension-only fabric shell elements
[105]. The spinal ligaments modeled include the anterior longitudinal ligament (ALL), posterior
longitudinal ligament (PLL), ligamentum flavum (LF), interspinous ligament (ISL), supraspinous
ligament (SSL), and joint capsules (CL). Material constitutive properties and cross-sectional
areas for each of the ligaments are shown in Table 5-1.
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The intervertebral discs were modeled as a combination of three parts: the nucleus
pulposus, inner annulus fibrosus, and outer annulus fibrosus. Intervertebral disc degeneration
was simulated by modifying the material properties of the disc. Numerical values for both nondegenerated and degenerated disc material properties are found in Table 5-1. The nucleus
pulposus was modeled using a fluid constitutive model with bulk moduli of 1720 MPa and 70
MPa, respectively for non-degenerated and degenerated discs [106-108]. The non-degenerated
and degenerated material properties used for the outer annulus fibrosus were also taken from the
published literature [109].

5.2.2

Model Verification and Validation
The intact finite element model included a total of 234,380 elements and was evaluated

for stress convergence (mesh discretization sensitivity), and extensively validated against
validated against experimental data for range of motion, quality of motion, disc pressure, cortical
strains, and instantaneous axes of rotation [100]. The constitutive model implementation of
intervertebral disc degeneration was validated by comparing the changes in disc height between
the non-degenerated and degenerated models while under a 444 N follower load designed to
simulate body weight and muscle tension. The loaded disc height in the degenerated model was
reduced by 16.5% as compared with that of the non-degenerated model which correlated well
with a disc that exhibits mild, but observable degeneration [106, 108].

5.2.3

Testing Procedure
Nonlinear finite element simulations were performed on the thirteen cases shown in

Figure 5-2. Cases I-V represent lumbar spines that have only a single degenerated disc (single
level disc degeneration). Cases VI-VIII represent various cases of contiguous multilevel disc
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degeneration.

Cases IX-XIII represent various cases of multilevel disc degeneration with

intermittent non-degenerated discs (i.e., cases of skipped level disc degeneration) [9].

Figure 5-2: Thirteen Model Cases

For each of the thirteen cases, six separate simulations were performed by fixing the S1
vertebra and applying rotational displacements to a rigid body located at the inferior endplate of
the T12 vertebra in each of the primary modes of spinal loading.

The six rotational

displacements include 20 degrees in flexion, 20 degrees in extension, 15 degrees in both axial
rotations and 15 degrees in both lateral bending rotations. The rotational displacements were
applied following the compression of the spine by the same 444 N follower load used for the
validation of the degenerated disc heights. A control case that included only non-degenerated
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discs was also simulated with the six different rotational displacements. Therefore, a total of 84
simulations were performed using LS-DYNA (LSTC, Livermore, CA).

Each simulation

required approximately 900 cpu hours on a hex-core Intel Westmere (2.67 GHz) workstation
with 24 GB of core memory.

5.3

Results
Observed changes in disc pressure between degeneration cases can be largely attributed

to the changes in material properties between the non-degenerated and degenerated discs. Figure
5-3 shows the average disc pressures for each simulation for the five different discs. Disc
pressures were calculated by averaging the pressure for each element in the disc at the maximum
rotation for each loading condition. The disc pressures for each loading condition were then
averaged to allow for direct comparison of the overall differences across test cases. These results
are represented in the Figure 5-3 and show a decrease in pressure in each disc that was
degenerated.
Changes in range of motion are consistent with the reduced disc material properties
exhibited by the degenerated discs. Figure 5-4 shows the torques required to produce 20 degrees
of total rotation in flexion. Results are typical for all applied rotational displacements. The
figure shows that the number of degenerated discs is the best predictor of the range of motion
and that the pattern (i.e., SLDD versus CMDD) of those discs only alters the range of motion
slightly.
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Figure 5-3: Total Disc Pressure

Figure 5-4: Range of Motion
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Figure 5-5: Ligament Stress, Contact Forces and Pedicle Stresses

Figure 5-5 shows changes that resulted from patterns of degeneration for ligament stress,
contact forces, and pedicle stresses at various levels of the spine. All results in the figure are
averages of the six loading conditions. The cases represented in the figure were selected for
direct comparison of how the addition of an extra degenerated disc changes the spinal
biomechanics. The results show a common pattern that a degenerated disc increases the stresses
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and forces of the surrounding elements, but then the stresses and forces decrease when other,
non-contiguous discs are degenerated. When focusing on the L3-L4 level, ligament stresses and
facet contact forces show large increases when there is only one degenerated disc present. When
additional discs, non-contiguous are degenerated, the magnitudes of those stresses and forces
decrease towards the original non-degenerated values.

A similar pattern occurs where the

stresses and forces increase at the L4-L5 level when the disc is degenerated in case VIII, but then
decrease when the L1-L2 disc is degenerated in Case XII.

Results at the L2-L3 level, where the

disc was never degenerated, always decreased with the addition of another degenerated disc.
The pedicle stresses also followed similar patterns as the ligament stresses and forces.
However, the results occur at the level of a vertebra and not between vertebrae. The patterns of
the ligament stresses and facet contact forces appeared to correlate with the pedicle stresses of
the superior vertebra.
The only result that appeared to vary from the general pattern seen with the ligament
stresses and forces was the ligament stress in the LF. The LF behaved similarly at all levels; the
magnitude of the stresses and forces decreased regardless of location of the degenerated discs.
Additional results for each of the 13 cases evaluated are provided in Appendix C.

5.4

Discussion
When making comparisons between Cases III, VIII, and XII (a progression of non-

contiguous disc degeneration), the results generally show the stresses and forces in the
surrounding spinal elements at the level of the degenerated disc were lower if additional, noncontiguous discs were also degenerated. While no apparent threshold level of stress or force
where pain was most likely to occur could be determined, relative changes in these stresses and
forces present a possible explanation as to why the severity of the reported pain was higher in the
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CMDD patients than in the SLDD patients (Cheung, Samartzis et al. 2012). These phenomena
may explain why the observation of SLDD has been under-reported in the literature since such
patients exhibiting such “patterns” of disc degeneration may be asymptomatic or the pain
tolerable and not necessitating medical consultation. The idea of an extra degenerated disc
lowering the severity of low back pain is non-intuitive, but when comparing Case VIII and Case
XII, the stresses and forces shown in Figure 5-5 decrease at the L3-L5 levels. The stresses and
forces increase at the L1-L2, but perhaps the decreases that occur in the higher weight bearing
levels are more critical in the development of lower back pain.
The disc pressures did not show correlations with pattern of intervertebral disc
degeneration. This was expected because the behavior of the discs was largely controlled
through material properties and the adjacent level effects were negligible. However, the results
did match reported results in that the disc pressure would decrease if the disc was degenerated
[110].
The only results which failed to follow the general pattern of an increase due to the
addition of a single (or multiple contiguous) levels of degeneration and then decrease in stress
and force with the addition on non-contiguous degeneration levels were the stresses in the LF.
The stresses always decreased with an added degenerated disc. However, it is possible that the
LF plays only a minor role in low back pain as it is commonly mentioned as being the least
innervated of the spinal ligaments [111-117].
The results agree with the published literature that load is transferred to the posterior
elements when a disc is degenerated which leads to increased pressure on facet joints and spinal
ligaments [84, 118]. This is best demonstrated by Case III, where one degenerated disc shows
increases in ligament stresses and contact forces at the level of the degenerated disc. Although
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pain may develop due to the degenerated disc, it is possible that the added stresses in the
surrounding elements increase the severity of the pain [92-99].
There are several potential limitations to the present work. For one, this is a finite
element modeling validation study and not clinically based.

That said, validation and

verification, especially with regards to numerical models of orthopaedic joint systems, are
essential to establish reliability. For the present work, it was logistically impossible to obtain
sufficient ex vivo spine specimens corresponding to each of the 13 evaluated degeneration
patterns (cases I – XIII) to provide individual validation data for each loading condition. Thus, it
was necessary to rely on validation of the intact, non-degenerated model, in concert with a
validation of the isolated material constitutive response of the degenerated disc (as observed
through the change in disc height). Secondly, another potential limitation of the present work
stems from the specimen specific nature of the geometry used in generating the model. Although
no obvious abnormalities in the spine were observed, it is possible these results are specific to
the geometries of this particular spine. However, because of the previous validation work
performed on the model, we feel that this scenario is unlikely. Thirdly, direct correlation of the
models with measured spine pain relies upon the same assumptions expressed in Cheung et al’s
study [9]. Given the large sample size in that study (1,457 subjects), as well as the statistical
significance found by the authors (p < 0.047), these assumptions seem reasonable. The results
are also based on clinical results of standardized visual analog scale questionnaires and do not
provide insight into nociception and how it may be related to age. Specifically, previous work
has shown that nociceptive sensitivity may decrease with age or with prolonged exposure to
nociceptive stimuli. Furthermore, the FE models used in the present work do not remodel based
on changes in external stimuli, thus, they are only capable of identifying short-term effects, and
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cannot represent long-term changes in bone configuration (i.e., due to Wolff’s Law effects) or
soft tissue material adaptations.

5.5

Conclusions
The finite element analysis of lumbar spines representing CMDD and SLDD variations of

disc degeneration patterns showed substantially altered biomechanical response between the two
groups. The altered biomechanics were also evident in the surrounding and adjacent elements of
a degenerated intervertebral disc. Specifically, our finite element study indicated that CMDD
resulted in higher ligament stresses, pedicle stresses, and facet contact forces as compared to the
SLDD conditions. These results may provide a reasonable explanation for the variation in
clinical studies of symptomatic and asymptomatic disc degeneration. Therefore, our study
provides further evidence that unique phenotypic “patterns” of disc degeneration exist that may
have a clinical relevance and, as such, should be accounted for in future clinical studies in
understanding low back pain. More importantly, our study raises awareness of the various pain
generating sources that may exist in the setting of such patterns of disc degeneration.
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6

6.1

CHANGES IN VERTEBRAL STRAIN ENERGY CORRELATE WITH INCREASED
PRESENCE OF SCHMORL’S NODES IN MULTI-LEVEL LUMBAR DISC
DEGENERATION

Introduction
The etiology of Schmorl’s nodes has been hypothesized, but is still unknown [119].

Schmorl’s nodes are protrusions of intervertebral disc material through the endplates of the
vertebrae into the adjacent vertebral bodies. They are commonly reported in both cadaver
studies and live imaging publications with subject occurrence rates as high as 79% [120-123].
Although a majority of Schmorl’s nodes appear to be asymptomatic, some have been reported as
symptomatic resulting in chronic lower back pain [124-128]. Furthermore, Schmorl’s nodes
have been linked to degenerative disc disease [10, 121].
In a recent large-scale clinical study of 3,099 spine patients, subjects with multi-level disc
degeneration were classified in two groups: contiguous multi-level disc degeneration (CMDD)
and skipped-level disc degeneration (SLDD). The investigators in the study noted that Schmorl’s
nodes were also found to be more prevalent in the SLDD cases than in the CMDD cases [9]. The
purpose of the present work was to investigate the biomechanical differences between these two
groups using nonlinear finite element modeling, with the goal of providing insight into
mechanical factors that could be linked with the development of Schmorl’s nodes.
In the present work, strain energy was used as the biomechanical comparison between
SLDD and CMDD. Strain energy is commonly used to predict the potential for bone remodeling
as a consequence of Wolff’s Law [129-132].
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Changes in strain energy can be useful in

predicting bone formation and resorption or the development of microfractures, all of which may
provide an explanation for the manifestation of Schmorl’s nodes. The hypothesis of this research
was that large changes in vertebral strain energy are a biomechanical predictor for the presence
of Schmorl’s nodes.

6.2

6.2.1

Methods

Finite Element Model
A previously validated and published nonlinear finite element model of a lumbar spine

[100] was used in the present work. Some details of this model have been included here for
reference. The geometry for the model (T12-S1) was obtained using quantitative computed
tomography (QCT) data of a 65 year-old female (Figure 6-1). The QCT data was also used to
assign localized bone mineral densities to each hexahedral element of the vertebrae (Figure 6-2,
Table 6-1). Table 6-1 also shows the previously published isotropic properties used for the
cortical shell that surrounds the cancellous elements.

Contact between the vertebrae was

modeled using frictionless surface-to-surface penalty methods.
The six major lumbar spinal ligaments were modeled using a nonlinear fabric shell
element formulation from LS-DYNA [105] and included the anterior longitudinal ligament,
posterior longitudinal ligament, ligamentum flavum, interspinous ligament, supraspinous
ligament, and joint capsules (Table 6-2).
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Figure 6-1: Mesh of the Finite Element Model of the Lumbar Spine

Figure 6-2: Vertebral Body Bone Mineral Density
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The material properties for both the non-degenerated and degenerated intervertebral discs
are also shown in Table 6-2 and include separate properties for the nucleus pulposus and the
inner and outer annulus fibrosus.

Table 6-1: Bone Material Formulations and Properties
Bone Structure

Formulation

Modulus (MPa)

Poisson's ratio

References

Cortical bone

Isotropic, elastic
shell elements

12000

0.2

[103, 104]

0.23, 0.4, 0.38 (b)

[101, 102]

1.56

Cancellous bone

Density dependent
anisotropic, elastic
hex elements

Ez=4730ρ

(a)

Ex= 0.42Ez
Ey= 0.29Ez

*NOTE (a) The modulus in the z direction represents the modulus in the axial (superior-inferior) direction and is calculated from the bone
mineral density. The moduli ratios in the orthogonal directions were obtained from the literature. (b) Poisson’s ratios for the three orthotropic
directions.

Table 6-2: Soft Tissue Material Formulations and Properties
Ligament

Cross-sectional
Area

A

B

C

Anterior Longitudinal

65.6 mm2

0.12, 1.15

0.44, 9.11

0.57, 10.3

Posterior Longitudinal

25.7 mm2

0.11, 2.04

0.34, 16.19

0.44, 20.8

2

0.07, 2.04

0.19, 9.14

0.25, 10.38

Interspinous

2

15.1 mm

0.17, 0.95

0.38, 5.86

0.54, 6.69

Supraspinous

15.1 mm2

0.17, 0.95

0.38, 5.86

0.54, 6.69

Joint Capsules

0.074 mm(b)

Ligamentum Flavum

Annulus Fibrosus

39.0 mm

Formulation

Outer annulus fibrosus
(Non-Degenerated)
Outer annulus fibrosus
(Degenerated)

Anisotropic, elastic
hex elements
Anisotropic, elastic
hex elements
Anisotropic, elastic
hex elements

Nucleus Pulposus

Formulation

Inner annulus fibrosus

Constitutive Relationship - Strain, Stress (a)

E=0.3 (c)
Modulus (MPa)

Poisson's ratio

References

5.59,0.34,0.19 (d)

1.86,0.88,0.14 (d)

[133]

20.9,0.42,0.29 (d)

2.27,0.79,0.61 (d)

22.9,0.32,0.35 (d)

1.88,0.46,0.61(d)

Bulk Modulus
(MPa)

[109]
[109]
References

Nucleus pulposus
Fluid hex elements
1720
[106, 107]
(Non-Degenerated)
Nucleus pulposus
Fluid hex elements
70
[106, 108]
(Degenerated)
*NOTE (a) The constitutive relationships for the all of the ligaments except for the facet joint capsules were modeled using a piecewise linear
representation. The modulus changes at inflection points A, B, and C, which are listed for each ligament as the stress-strain relationship. (b)
The ligament size for the CL is reported as thickness. (c) The facet joint capsules were simplified as linear elastic with the stated modulus.
Nonlinear relationships and areas were published in Chazal et.al and CL properties were published in Little and Khalsa 2005. (d) Orthotropic
moduli.
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6.2.2

Validation and Verification
The finite element model (234,380 elements) was previously evaluated for stress-

convergence and validated against experimental and published data for instantaneous axes of
rotation, quality of motion, range of motion, cortical strains, and disc pressure [100]. Material
response of the degenerated intervertebral discs was further validated by comparing changes in
disc height between degenerated and non-degenerated discs when compressed with a 444 N
follower load. While using these boundary conditions, the degenerated disc was reduced 16.5%
in disc height when compared to the non-degenerated disc which correlates with the observable
changes in disc height due to moderate degeneration [106, 108].

6.2.3

Testing Procedure
Fourteen versions of the nonlinear finite element model were created and solved using

LS-DYNA (Version ls971d R4.2.1, LSTC, Livermore, CA). The control model contained all
non-degenerated discs and the other thirteen cases represent different patterns of disc
degeneration as shown in Figure 6-3. Cases I-V simulate a spine with only one level of disc
degeneration.

Cases VI-VIII simulate common patterns of contiguous multilevel disc

degeneration. Cases IX-XIII simulate common patterns of skipped-level disc degeneration. For
all thirteen cases (as well as the control model) the S1 vertebra was fixed and a 444 N
compressive follower load was added to simulate the gravity loading of the upper torso mass as
well as muscular compressive loading [134]. Each of the models was subjected to six separate
simulations representing the primary modes of spinal loading (20 degrees in flexion, 20 degrees
in extension, 15 degrees in both lateral rotations and 15 degrees in both axial bending rotations).
Rotational displacements were applied via a rigid plate attached to the inferior endplate of the
T12 vertebrae, while the superior endplate of the S1 vertebrae was held in a fixed position. A
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hex-core Intel Westmere (2.67 GHz) workstation with 24 GB of core memory was used for
processing and each simulation required approximately 100 cpu hours for completion.

Figure 6-3: Thirteen Model Cases

6.3

Results
The differences in disc pressures for each degeneration case are mainly attributed to the

applied material properties in the disc. Figure 6-4 shows the average disc pressure in all cases
for the compression only simulation.

The other six simulations with compression and a
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rotational displacement followed very similar patterns where the non-degenerated discs having
higher disc pressures than the degenerated discs. Disc pressures were calculated by averaging
the pressures from each element of the entire intervertebral disc.

Figure 6-4: Total Disc Pressure

Strain energy was calculated for each element of each vertebra for each simulation.
Changes in strain energy as compared to the control model (non-degenerated model), were used
as an indicator of potential for bone remodeling and/or fracture. Results were computed for the
single-level degeneration cases (Figure 6-5), contiguous multi-level disc degeneration cases
(Figure 6-6), and skipped level disc degeneration cases (Figure 6-7).
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Figure 6-5: Percent Change of Strain Energy Cases I-V
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Figure 6-6: Percent Change of Strain Energy Cases VI-VIII
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Figure 6-7: Percent Change of Strain Energy Cases IX-XIII
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Changes within 30% of the control were considered to be minor (i.e., unlikely to cause
significant bone remodeling or fracture). Changes between 30% and 60% were considered to be
likely to induce an increase (or decrease in the case of a negative strain energy difference) in
bone density. Both positive and negative changes greater than 60% were considered major
increases or decreases. Results showed major increases in strain energy located in the center
locations of the vertebral bodies in the levels adjacent to the degenerated discs when exposed to
compression, axial rotation, and lateral bending loading conditions. Overall, we observed that
changes in strain energy were larger, and more centrally located at the L1-L3 levels and
generally more severe in the skipped-level degeneration cases (e.g., Figure 6-7).

6.4

Discussion
The results demonstrate that an increase in localized strain energy at the center of the

vertebral endplate is a possible predictor for the development of Schmorl’s nodes. Strain energy
increases are commonly correlated with bone regrowth or the development of microfractures;
however, the percentage thresholds that would correlate a change from bone remodeling to
development of microfractures is currently unpublished.

Currently, microfractures are not

believed to be cause of Schmorl’s nodes, but it has been reported that microfractures are
correlated with the presence of Schmorl’s nodes [122].

Therefore, it seems plausible that

microfractures in the vertebral endplate could precipitate the intrusion of the disc material into
the vertebral body.
In the present work, we evaluated each of the primary modes of loading (flexion,
extension, lateral bending, axial rotation) separately. Overall bone remodeling is likely due to an
overall effect induced by the relative “duty cycle” experienced by the spine. A representative
duty cycle that might be appropriate for evaluating the relative weighting of each loading mode
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has not been validated, and would likely be highly patient specific and related to activity level.
However, previous work has indicated that compression results may be most relevant to the
development of Schmorl’s nodes [135-138].
The larger and more centralized regions of major increase in strain energy were located in
the L1-L3 levels. This result is consistent with clinically reported data indicating that the
development of Schmorl’s nodes is highly dependent on spine level [10, 123]. More than 50%
of the reported occurrences of Schmorl’s nodes in the lumbar spine have occurred at the L1-L3
levels.
We observed that the region of influence of a degenerated disc, in terms of strain energy
changes, was highly localized. Specifically, disc degeneration primarily influenced strain energy
in vertebrae directly in contact with the degenerated disc, and did not influence adjacent levels.
This result is in contrast to findings for soft tissue in the lumbar spine, where adjacent level
effects can propagate throughout the spine [139-142].
Our results were consistent with the clinical observations of Cheung, et al. [9], in that we
found higher incidence of strain energy patterns potentially associated with Schmorl’s nodes in
the SLDD cases. They reported Schmorl’s node incidence rates in the SLDD cases of 27.3%
(IX), 9.1% (X), 38.8% (XI), 24.2% (XII), and 45.4% (XIII).

However, we attribute this

correlation to the presence of degenerated discs at the superior lumbar levels (L1-L2, L2-L3) in
these cases, as compared with the lack of degenerated discs at these levels in the CMDD cases.
The results also agree with the literature that the development of Schmorl’s nodes is
independent of bone mineral density. Although this particular spine did not follow the general
pattern seen in QCT data where the bone mineral density increases towards the inferior levels of
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the spine [143], the material properties determined from bone mineral densities did not appear to
affect the resultant changes in strain energy.
There is an outstanding question regarding causation and correlation between Schmorl’s
node incidence and disc degeneration. In the present work, we approached the problem by
assuming that disc degeneration, and specifically multi-level disc degeneration could induce
Schmorl’s node formation. We found a supporting correlation. However, a complementary
study approaching the problem by investigating whether the presence of Schmorl’s nodes may
lead to disc degeneration is required as well.

Genetic or behavioral factors may play a

significant role that cannot be explained simply on the basis of a mechanical analysis.
The most significant limitation of the present work is simply that appropriate threshold
levels of strain energy change for inducing bone remodeling and/or fracture have not been
validated for the vertebrae. Significant work has been published regarding these thresholds in
the femur and tibia [130]. However, it is likely that threshold levels are tissue specific. To date
no validation data has been published for the spine. Thus, choices of threshold levels (e.g.,
Figures 6-5, 6-6, 6-7) are arbitrary and changes in the threshold levels could potentially change
the magnitude of the correlations that we identified. Additional potential limitations occur for the
present analysis. First since the model for this research is specimen specific; it is possible that
the results shown could be unique to the particular geometry of the cadaver spine used.
However, the extensive validation performed on the model provides evidence that the results
being unique to one geometry is unlikely.

Second, it would be impossible to obtain the

necessary cadaver specimens to represent each of the thirteen degeneration cases. Therefore, the
suitable solution was to validate the degenerated discs within a validated non-degenerated
lumbar model. Third, the model is not able to account for the long-term remodeling effects due
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to the changes in strain energy. The results show the short-term effects which will ultimately
influence the long-term behavior. Finally, the correlations made between changes in strain
energy and the presence of Schmorl’s nodes require the same assumptions made in the original
clinical study [9].

Since the study contained over 3,000 patients and a high statistical

significance, their results seem reasonable.

6.5

Conclusions
Finite element analysis of lumbar spines representing different patterns of single and

multi-level disc degeneration has shown that vertebral strain energy is a possible predictor in the
development of Schmorl’s nodes. The analysis also shows evidence that the development of
Schmorl’s nodes may be highly dependent on the location the degeneration disc, likely occurring
with more prevalence at superior levels of the lumbar spine.
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7

SUMMARY AND FUTURE WORK

The research presented in this dissertation described five biomechanical analyses
performed using computational and experimental methods. The results from these analyses have
provided insight into several clinical situations which will hopefully improve the lives of many
patients. To conclude this work, a brief summary and possible areas for future work are included
in each section below.

7.1

Soft Tissue Tearing
In Chapter 2, experimental methods were used to show that tendons and ligaments have a

virtually infinite fracture toughness. As a result, partial tears in tendons and ligaments likely do
not decrease the ultimate strength of the tendon. Although the methods used in Chapter 2
provide results that likely mimic normal physiological motion, further testing is needed to
calculate fracture toughness for cases of extreme loading that occurs during acute injury. As a
result, a dynamic tester is currently being developed to be able to perform the same experiments
done in Chapter 2, but at much higher loading rates. Additional testing procedures may be
developed for testing entire tendons, thus ensuring that results are consistent on a larger scale.
Although no observable crack propagation occurred during the experiments performed in
Chapter 2, further studies could be used to determine the local behaviors of torn soft tissue. A
deeper understanding of the characteristics that make tendons and ligaments resistant to further
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tearing could then be mimicked engineering materials.

We have made preliminary

measurements of local strain using DaVis (version 7.1.1, LaVision, Ypsilanti, MI), and the
results are shown in Figure 7-1. The results demonstrate that the tissue is generally unstrained
above and below the crack. The results also show more strain occurring in the center of the
sample (and left of the crack) than at the gripped edges. However, more testing is needed and
the methods need to be refined before conclusions can be made.

Figure 7-1: Local Strain of Notched Tendon Sample

Scanning electron microscopy has also been investigated for use in determining damage
occurring around the crack tip. The increased magnification can detect damage unobserved
through original testing methods. These results may be able to predict possible sources of nerve
damage even when the overall tissue structure appears to be undamaged. In preliminary work,
we have been able to successfully create clear microscopic images. Figure 7-2 shows an image
of a notched tendon sample that was pulled in tension in the fiber direction. It also shows a
zoomed in image showing more details of the collagen fibers. Current imaging methods lack the
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ability to compare the same sample before and after testing. Therefore, methods would need to
be developed to be able to perform the tension tests during the imaging process.

Figure 7-2: Scanning Electron Microscopy Images of Porcine Achilles Tendon

7.2

Tendon Lengthening Damage Model
In Chapter 3, shear damage was shown to be able to predict the lengthening behavior of

the percutaneous triple hemisection technique for tendo-achilles lengthening. The results were
used to develop the continuum mechanics damage model presented in Chapter 4. The model was
able to simulate the location of lengthening that occurs during the procedure, but convergence of
the model is currently not robust. Since the model does not converge for all possible cases, the
finite element model described in Chapter 4 only demonstrates that model is able to recreate the
general attributes of the lengthening process.

A more robust damage model is needed to

accurately validate that amount of lengthening that occurs during the process. The recent
advancements made with similar damage models, which were mentioned in Chapter 4, may be
able to improve the convergence. However, in addition to improving this model, it may be
worthwhile to explore other finite element techniques for modeling the damage such as tied
nodes capable of exhibiting failure, individually modeled fibers, and sliding contact. These
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methods were beyond the scope of the present work, but they may improve the accuracy of the
model.
Nonlinear finite element modeling could also be used to predict the functionality of the
tendons after healing has occurred. Currently, little is known about the long term effectiveness
of the procedure and how it affects the strength of the tendon. Using a model similar to the one
used in Chapter 3, scar tissue could be modeled in place of the gaps to determine the new
behavior of the lengthened tendon.
Further experimental testing also could be performed to better understand the
biomechanics of the tissue. Previously, the lengthening surgery was mimicked using intact
porcine Achilles tendons. Similar sliding behavior occurred in these tests as has been observed
in clinical practices. Figure 7.3 shows one example of the porcine Achilles tendon tests. Similar
tests could be performed on human cadaver Achilles tendons to better understand the
biomechanics and to better validate the computational models.

Figure 7-3: Porcine Achilles Tendon Triple Hemisection Test
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7.3

Skipped Level Disc Degeneration
Chapter 5 explored the biomechanics of skipped level disc degeneration.

The

computational analysis provided a reasonable explanation for the variation in clinical studies of
symptomatic and asymptomatic disc degeneration. Further insight into these results could be
provided if cadaver testing was performed. Methods are currently being developed to replicate
degenerated discs using a protease such as trypsin.

However, once the disc has become

degenerated, the process cannot be reversed. This would make direct comparison of all of the
cases in Figure 5-2 impossible, since they could not be tested on the same specimen. The
number of specimens necessary to provide accurate statistical results would require immense
resources. The most reasonable test that could be performed using just one specimen would be
to compare Case VIII and Case XII in a similar manner as in Figure 5-5.
In Chapter 6, a finite element analysis determined that strain energy could predict the
prevalence of Schmorl’s nodes. As mentioned previously, more studies need to be done to
determine the threshold strain energy levels that would correlate with bone formation and
resorption or the development of microfractures.

7.4

Concluding Remarks
Understanding the physical behavior of the human body is extremely complex and

requires the collaborative effort of numerous scientists, clinicians and engineers. Many scientific
discoveries have recently been made which have improved the lives of many patients. However,
these discoveries are just a small beginning, and the mysteries of medicine and biomechanics
continue to remain well short of full comprehension. The hope of this research is that through
the best modeling, verification, and validation processes available, a small step was taken to
understand how we can help patients just a little bit more.
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APPENDIX A.

DAMAGE FOR VARIOUS TWIST MODELS

Figure A-1: Damage in Each Case for 15° Twist Model
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Figure A-2: Damage in Each Case for 30° Twist Model
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Figure A-3: Damage in Each Case for 45° Twist Model
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APPENDIX B.

FEBIO CODE

The header file and the source file for the damage model are included in this appendix.
The other necessary files for the damage model were already included in the FEBio source code
and are not included this appendix. More information on developing code for FEBio can be
found in FEBio’s Theory Manual [144] and the Developer’s Manual [145].

B.1 Header File
//#if
!defined(AFX_FEDAMAGETRANSISOMOONEYRIVLIN_H__E918D89B_4CCD_44B9_9731_19CEC4EDF406__INCLUDED_)
//#define AFX_FEDAMAGETRANSISOMOONEYRIVLIN_H__E918D89B_4CCD_44B9_9731_19CEC4EDF406__INCLUDED_
//#if _MSC_VER > 1000
#pragma once
//#endif // _MSC_VER > 1000
#include "FETransverselyIsotropic.h"
//----------------------------------------------------------------------------// We first define a material point that stores the damage variable.
class FETIMRSDamageMaterialPoint : public FEMaterialPoint
{
public:
FETIMRSDamageMaterialPoint(FEMaterialPoint *pt) : FEMaterialPoint(pt) {}
FEMaterialPoint* Copy()
{
FETIMRSDamageMaterialPoint* pt = new FETIMRSDamageMaterialPoint(*this);
if (m_pt) pt->m_pt = m_pt->Copy();
return pt;
}
void Init(bool bflag)
{
FEElasticMaterialPoint& pt = *m_pt->ExtractData<FEElasticMaterialPoint>();
if (bflag)
{
// intialize data to zero
m_MEmax = 0;
m_MEtrial = 0;
m_Dm = 0;
m_FEmax = 0;
m_FEtrial = 0;
m_Df = 0;
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}
else
{
}

}

m_MEmax = max(m_MEmax, m_MEtrial);
m_FEmax = max(m_FEmax, m_FEtrial);

// don't forget to intialize the nested data
if (m_pt) m_pt->Init(bflag);

void Serialize(DumpFile& ar)
{
if (ar.IsSaving())
{
ar << m_MEmax << m_FEmax;
}
else
{
ar >> m_MEmax >> m_FEmax;
}
}
public:

};

// matrix
double m_MEtrial;
double m_MEmax;
double m_Dm;

//!< trial strain at time t
//!< max strain variable up to time t
//!< damage reduction factor

// fiber
double m_FEtrial;
double m_FEmax;
double m_Df;

//!< trial strain at time t
//!< max strain variable up to time t
//!< damage reduction factor

//----------------------------------------------------------------------------class FETIMRShear : public FETransverselyIsotropic
{
public:
FETIMRShear(void);
public:

// Mooney-Rivlin parameters
double m_c1;
//!< Mooney-Rivlin coefficient C1
double m_c2;
//!< Mooney-Rivlin coefficient C2
// Matrix damage parameters
double m_Msmin;
double m_Msmax;
double m_Mbeta;
double m_Malpha;

//!<
//!<
//!<
//!<

damage
damage
damage
damage

parameter
parameter
parameter
parameter

// Fiber damage parameters
double m_Fsmin;
double m_Fsmax;
double m_Fbeta;
double m_Falpha;

//!<
//!<
//!<
//!<

damage
damage
damage
damage

parameter
parameter
parameter
parameter

public:

// returns a pointer to a new material point object
virtual FEMaterialPoint* CreateMaterialPointData() { return new
FETIMRSDamageMaterialPoint(new FEElasticMaterialPoint); }
public:

//! calculate deviatoric stress at material point
mat3ds DevStress(FEMaterialPoint& pt);
//! calculate deviatoric tangent stiffness at material point
tens4ds DevTangent(FEMaterialPoint& pt);
//! data initialization

104

void Init();
protected:
mat3ds MatrixStress(FEMaterialPoint& mp);
tens4ds MatrixTangent(FEMaterialPoint& pt);
protected:
// calculate damage reduction factor for matrix
double MatrixDamage(FEMaterialPoint& pt);
// calculate damage reduction factor for fibers
double FiberDamage(FEMaterialPoint& pt);
// calculate damage reduction deriv for matrix
double MatrixDamageDerive(FEMaterialPoint& pt);
// calculate damage reduction deriv for fibers
double FiberDamageDerive(FEMaterialPoint& pt);
public:

// declare as registered
DECLARE_REGISTERED(FETIMRShear);

// declare
};

the parameter list
DECLARE_PARAMETER_LIST();

//#endif //
!defined(AFX_FETRANSISOMOONEYRIVLIN_H__E918D89B_4CCD_44B9_9731_19CEC4EDF406__INCLUDED_)

B.2 Source File
#include "stdafx.h"
#include "FETIMRShear.h"
// register the material with the framework
REGISTER_MATERIAL(FETIMRShear, "TIMRShear");
// define the material parameters
BEGIN_PARAMETER_LIST(FETIMRShear, FETransverselyIsotropic)
ADD_PARAMETER(m_c1, FE_PARAM_DOUBLE, "c1");
ADD_PARAMETER(m_c2, FE_PARAM_DOUBLE, "c2");
ADD_PARAMETER(m_Msmin, FE_PARAM_DOUBLE, "Msmin");
ADD_PARAMETER(m_Msmax, FE_PARAM_DOUBLE, "Msmax");
ADD_PARAMETER(m_Mbeta, FE_PARAM_DOUBLE, "Mbeta");
ADD_PARAMETER(m_Malpha, FE_PARAM_DOUBLE, "Malpha");
ADD_PARAMETER(m_Fsmin, FE_PARAM_DOUBLE, "Fsmin");
ADD_PARAMETER(m_Fsmax, FE_PARAM_DOUBLE, "Fsmax");
ADD_PARAMETER(m_Fbeta, FE_PARAM_DOUBLE, "Fbeta");
ADD_PARAMETER(m_Falpha, FE_PARAM_DOUBLE, "Falpha");
END_PARAMETER_LIST();
//----------------------------------------------------------------------------FETIMRShear::FETIMRShear(void)
{
}
//----------------------------------------------------------------------------void FETIMRShear::Init()
{
}
//----------------------------------------------------------------------------mat3ds FETIMRShear::DevStress(FEMaterialPoint& mp)
{
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FEElasticMaterialPoint& pt = *mp.ExtractData<FEElasticMaterialPoint>();
// calculate reduction parameter
double g1 = MatrixDamage(mp);
double g2 = FiberDamage(mp);
// fiber stress
mat3ds sf = m_fib.Stress(mp);
// matrix stress
// deformation gradient
mat3d& F = pt.F;
double J = pt.J;
// calculate deviatoric left Cauchy-Green tensor
mat3ds B = pt.DevLeftCauchyGreen();
// calculate square of B
mat3ds B2 = B*B;
// Invariants of B (= invariants of C)
// Note that these are the invariants of Btilde, not of B!
double I1 = B.tr();
double I2 = 0.5*(I1*I1 - B2.tr());
// --- TODO: put strain energy derivatives here --// Wi = dW/dIi
double W1 = m_c1;
double W2 = m_c2;
// -----------------------------------------------// calculate T = F*dW/dC*Ft
mat3ds T = B*(W1 + W2*I1) - B2*W2;
// calculate stress s = pI + 2/J * dev(T)
mat3ds sm = T.dev()*(2.0/J);
return g1*sm + g2*sf;
}
tens4ds FETIMRShear::DevTangent(FEMaterialPoint& mp)
{
FEElasticMaterialPoint& pt = *mp.ExtractData<FEElasticMaterialPoint>();
double J = pt.J;
mat3d& F = pt.F;
double Ji = 1/J;
// fiber stress
mat3ds sf = m_fib.Stress(mp);
// matrix stress
// calculate deviatoric left Cauchy-Green tensor
mat3ds B = pt.DevLeftCauchyGreen();
// calculate square of B
mat3ds B2 = B*B;
// Invariants of B (= invariants of C)
// Note that these are the invariants of Btilde, not of B!
double I1 = B.tr();
double I2 = 0.5*(I1*I1 - B2.tr());
// --- TODO: put strain energy derivatives here --// Wi = dW/dIi
double W1 = m_c1;
double W2 = m_c2;
// -----------------------------------------------// calculate T = F*dW/dC*Ft

106

mat3ds T = B*(W1 + W2*I1) - B2*W2;
// calculate stress s = pI + 2/J * dev(T)
mat3ds sm = T.dev()*(2.0/J);
// matrix tangent
tens4ds Cm = MatrixTangent(mp);
// fiber tangent
tens4ds Cf = m_fib.Tangent(mp);
// calculate reduction parameter
double gm = MatrixDamage(mp);
double gf = FiberDamage(mp);
tens4ds c = Cm*gm + Cf*gf;
// calculate reduction parameter
double dgm = MatrixDamageDerive(mp);
double dgf = FiberDamageDerive(mp);
tens4ds c2;
tens4ds c3;
double Jm13 = pow(J, -1.0/3.0);
double twoJi = 2.0*Ji;
// get the initial fiber direction
vec3d a0;
a0.x = pt.Q[0][0];
a0.y = pt.Q[1][0];
a0.z = pt.Q[2][0];
// calculate the current material axis lam*a = F*a0;
vec3d a = F*a0;
// normalize material axis and store fiber stretch
double lam, lamd;
lam = a.unit();
// calculate trial-damage parameter
double damage = lam;

}

//see if we need to add the stress
FETIMRSDamageMaterialPoint& dp = *mp.ExtractData<FETIMRSDamageMaterialPoint>();
if (dp.m_MEtrial >= dp.m_MEmax)
{
tens4ds addto = dyad1s(sm)*dgm*J;
c2 = c + addto;
}
else
{
c2 = c;
}
if (dp.m_FEtrial >= dp.m_FEmax)
{
tens4ds addto2 = dyad1s(sf)*dgf*J;
c3 = c2 + addto2;
}
else
{
c3 = c2;
}
return c3;

//----------------------------------------------------------------------------//! Calculate the deviatoric matrix tangent
tens4ds FETIMRShear::MatrixTangent(FEMaterialPoint& mp)
{
FEElasticMaterialPoint& pt = *mp.ExtractData<FEElasticMaterialPoint>();
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// determinant of deformation gradient
double J = pt.J;
double Ji = 1.0/J;
// calculate deviatoric left Cauchy-Green tensor: B = F*Ft
mat3ds B = pt.DevLeftCauchyGreen();
// calculate square of B
mat3ds B2 = B*B;
// Invariants of B (= invariants of C)
double I1 = B.tr();
double I2 = 0.5*(I1*I1 - B2.tr());
// --- TODO: put strain energy derivatives here --// Wi = dW/dIi
double W1, W2;
W1 = m_c1;
W2 = m_c2;
// --// calculate dWdC:C
double WC = W1*I1 + 2*W2*I2;
// calculate C:d2WdCdC:C
double CWWC = 2*I2*W2;
// deviatoric cauchy-stress, trs = trace[s]/3
mat3ds devs = pt.s.dev();
// Identity tensor
mat3ds I(1,1,1,0,0,0);
tens4ds
tens4ds
tens4ds
tens4ds

IxI
I4
BxB
B4

=
=
=
=

dyad1s(I);
dyad4s(I);
dyad1s(B);
dyad4s(B);

// d2W/dCdC:C
mat3ds WCCxC = B*(W2*I1) - B2*W2;
tens4ds cw = (BxB - B4)*(W2*4.0*Ji) - dyad1s(WCCxC, I)*(4.0/3.0*Ji) +
IxI*(4.0/9.0*Ji*CWWC);
tens4ds c = dyad1s(devs, I)*(-2.0/3.0) + (I4 - IxI/3.0)*(4.0/3.0*Ji*WC) + cw;
}

return c;

//----------------------------------------------------------------------------// Calculate damage reduction factor for matrix
double FETIMRShear::MatrixDamage(FEMaterialPoint &mp)
{
FEElasticMaterialPoint& pt = *mp.ExtractData<FEElasticMaterialPoint>();
// calculate right Cauchy-Green tensor
mat3ds C = pt.RightCauchyGreen();
// calculate deviatoric left Cauchy-Green tensor
mat3ds B = pt.DevLeftCauchyGreen();
// calculate square of B
mat3ds B2 = B*B;
// Invariants of B (= invariants of C)
// Note that these are the invariants of Btilde, not of B!
double I1 = B.tr();
double I2 = 0.5*(I1*I1 - B2.tr());
// --- TODO: put strain energy derivatives here --// Wi = dW/dIi
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double W1 = m_c1;
double W2 = m_c2;
double SEF = W1*(I1-3)*W2*(I2-3);
mat3ds I(1,1,1,0,0,0);
mat3ds E = 0.5*(C - I);
// deformation gradient
mat3d& F = pt.F;
double J = pt.J;
// get the initial fiber direction
vec3d a0;
a0.x = pt.Q[0][0];
a0.y = pt.Q[1][0];
a0.z = pt.Q[2][0];
// calculate the current material axis lam*a = F*a0;
vec3d a = F*a0;
// normalize material axis
double lam;
lam = a0.unit();
vec3d rot = a0/lam;
//calculate rotation axis and angle
vec3d zvec(0,0,1);
vec3d vec = rot^zvec;
double ang = zvec*rot;
double PI = 3.141592653589793238462;
double angle = PI/2-ang-pow(ang,3)/6-(3*pow(ang,5))/40-(5*pow(ang,7))/112(35*pow(ang,9))/1152;
//calculate rotation matrix
double AAA = cos(angle)+((vec.x)*(vec.x))*(1-cos(angle));
double BBB = vec.x*vec.y*(1-cos(angle))-vec.z*sin(angle);
double CCC = vec.x*vec.z*(1-cos(angle))+vec.y*sin(angle);
double DDD = vec.y*vec.x*(1-cos(angle))+vec.z*sin(angle);
double EEE = cos(angle)+((vec.y)*(vec.y))*(1-cos(angle));
double FFF = vec.y*vec.z*(1-cos(angle))-vec.x*sin(angle);
double GGG = vec.z*vec.x*(1-cos(angle))-vec.y*sin(angle);
double HHH = vec.z*vec.y*(1-cos(angle))+vec.x*sin(angle);
double III = cos(angle)+((vec.z)*(vec.z))*(1-cos(angle));
double
XXZZ=GGG*(E.xx()*AAA+E.xy()*BBB+E.xz()*CCC)+HHH*(E.xy()*AAA+E.yy()*BBB+E.yz()*CCC)+III*(E.xz()*AA
A+E.yz()*BBB+E.zz()*CCC);
double
YYZZ=GGG*(E.xx()*DDD+E.xy()*EEE+E.xz()*FFF)+HHH*(E.xy()*DDD+E.yy()*EEE+E.yz()*FFF)+III*(E.xz()*DD
D+E.yz()*EEE+E.zz()*FFF);
// get the damage material point data
FETIMRSDamageMaterialPoint& dp = *mp.ExtractData<FETIMRSDamageMaterialPoint>();
// calculate trial-damage parameter
//dp.m_MEtrial = sqrt(2.0*fabs(SEF));
dp.m_MEtrial = sqrt(XXZZ*XXZZ+YYZZ*YYZZ);
// calculate damage parameter
double damage = max(dp.m_MEtrial, dp.m_MEmax);
//fprintf(stderr,"damage %lf\n",damage);
double g = 1.0;
if (damage < m_Msmin) g = 1.0;
else if (damage > m_Msmax) g = m_Malpha;
else
{
double F = (damage - m_Msmax)/(m_Msmin - m_Msmax);
g = (1.00 - m_Malpha)*(2.00-pow(F,m_Mbeta))*pow(F,m_Mbeta) + m_Malpha;;
}
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dp.m_Dm = g;
return g;
}
double FETIMRShear::MatrixDamageDerive(FEMaterialPoint &mp)
{
FEElasticMaterialPoint& pt = *mp.ExtractData<FEElasticMaterialPoint>();
// calculate right Cauchy-Green tensor
mat3ds C = pt.RightCauchyGreen();
// calculate deviatoric left Cauchy-Green tensor
mat3ds B = pt.DevLeftCauchyGreen();
// calculate square of B
mat3ds B2 = B*B;
// Invariants of B (= invariants of C)
// Note that these are the invariants of Btilde, not of B!
double I1 = B.tr();
double I2 = 0.5*(I1*I1 - B2.tr());
// --- TODO: put strain energy derivatives here --// Wi = dW/dIi
double W1 = m_c1;
double W2 = m_c2;
double SEF = W1*(I1-3)*W2*(I2-3);
mat3ds I(1,1,1,0,0,0);
mat3ds E = 0.5*(C - I);
// deformation gradient
mat3d& F = pt.F;
// get the initial fiber direction
vec3d a0;
a0.x = pt.Q[0][0];
a0.y = pt.Q[1][0];
a0.z = pt.Q[2][0];
// calculate the current material axis lam*a = F*a0;
vec3d a = F*a0;
// normalize material axis
double lam;
lam = a.unit();
vec3d rot = a/lam;
//fprintf(stderr,"lam %lf\n",lam);
//calculate rotation axis and angle
vec3d zvec(0,0,1);
vec3d vec = zvec^rot;
double ang = zvec*rot;
double PI = 3.141592653589793238462;
double angle = PI/2-ang-pow(ang,3)/6-(3*pow(ang,5))/40-(5*pow(ang,7))/112(35*pow(ang,9))/1152;
//calculate rotation matrix
double AAA = cos(angle)+((vec.x)*(vec.x))*(1-cos(angle));
double BBB = vec.x*vec.y*(1-cos(angle))-vec.z*sin(angle);
double CCC = vec.x*vec.z*(1-cos(angle))+vec.y*sin(angle);
double DDD = vec.y*vec.x*(1-cos(angle))+vec.z*sin(angle);
double EEE = cos(angle)+((vec.y)*(vec.y))*(1-cos(angle));
double FFF = vec.y*vec.z*(1-cos(angle))-vec.x*sin(angle);
double GGG = vec.z*vec.x*(1-cos(angle))-vec.y*sin(angle);
double HHH = vec.z*vec.y*(1-cos(angle))+vec.x*sin(angle);
double III = cos(angle)+((vec.z)*(vec.z))*(1-cos(angle));
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double
XXZZ=GGG*(E.xx()*AAA+E.xy()*BBB+E.xz()*CCC)+HHH*(E.xy()*AAA+E.yy()*BBB+E.yz()*CCC)+III*(E.xz()*AA
A+E.yz()*BBB+E.zz()*CCC);
double
YYZZ=GGG*(E.xx()*DDD+E.xy()*EEE+E.xz()*FFF)+HHH*(E.xy()*DDD+E.yy()*EEE+E.yz()*FFF)+III*(E.xz()*DD
D+E.yz()*EEE+E.zz()*FFF);
// get the damage material point data
FETIMRSDamageMaterialPoint& dp = *mp.ExtractData<FETIMRSDamageMaterialPoint>();
// calculate trial-damage parameter
//dp.m_MEtrial = sqrt(2.0*fabs(SEF));
dp.m_MEtrial = sqrt(XXZZ*XXZZ+YYZZ*YYZZ);
double test2=sqrt(XXZZ*XXZZ+YYZZ*YYZZ);
// calculate damage parameter
double damage = max(dp.m_MEtrial, dp.m_MEmax);
double gp = 0.0;
if (damage < m_Msmin) gp = 0.0;
else if (damage > m_Msmax) gp = 0.0;
else
{
double F = (damage - m_Msmax)/(m_Msmin - m_Msmax);
gp = ((1.00 - m_Malpha)*2*m_Mbeta*(pow(F,(m_Mbeta-1)))*(1pow(F,m_Mbeta)))/(m_Msmin - m_Msmax);
}
return gp;
}
//----------------------------------------------------------------------------// Calculate damage reduction factor for fibers
double FETIMRShear::FiberDamage(FEMaterialPoint &mp)
{
FEElasticMaterialPoint& pt = *mp.ExtractData<FEElasticMaterialPoint>();
// deformation gradient
mat3d& F = pt.F;
double J = pt.J;
double Ji = 1.0 / J;
double Jm13 = pow(J, -1.0/3.0);
double twoJi = 2.0*Ji;
// get the initial fiber direction
vec3d a0;
a0.x = pt.Q[0][0];
a0.y = pt.Q[1][0];
a0.z = pt.Q[2][0];
// calculate the current material axis lam*a = F*a0;
vec3d a = F*a0;
// normalize material axis and store fiber stretch
double lam, lamd;
lam = a.unit();
// get the damage material point data
FETIMRSDamageMaterialPoint& dp = *mp.ExtractData<FETIMRSDamageMaterialPoint>();
// calculate trial-damage parameter
dp.m_FEtrial = lam;
// calculate damage parameter
double damage = max(dp.m_FEtrial, dp.m_FEmax);
double g = 1.0;
if (damage < m_Fsmin) g = 1.0;
else if (damage > m_Fsmax) g = m_Falpha;
else
{
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}

double F = (damage - m_Fsmax)/(m_Fsmin - m_Fsmax);
g = (1.00 - m_Falpha)*(2.00-pow(F,m_Fbeta))*pow(F,m_Fbeta) + m_Falpha;

dp.m_Df = g;
return g;
}
double FETIMRShear::FiberDamageDerive(FEMaterialPoint &mp)
{
FEElasticMaterialPoint& pt = *mp.ExtractData<FEElasticMaterialPoint>();
// deformation gradient
mat3d& F = pt.F;
double J = pt.J;
double Ji = 1.0 / J;
double Jm13 = pow(J, -1.0/3.0);
double twoJi = 2.0*Ji;
// get the initial fiber direction
vec3d a0;
a0.x = pt.Q[0][0];
a0.y = pt.Q[1][0];
a0.z = pt.Q[2][0];
// calculate the current material axis lam*a = F*a0;
vec3d a = F*a0;
// normalize material axis and store fiber stretch
double lam, lamd;
lam = a.unit();
// get the damage material point data
FETIMRSDamageMaterialPoint& dp = *mp.ExtractData<FETIMRSDamageMaterialPoint>();
// calculate trial-damage parameter
dp.m_FEtrial = lam;
// calculate damage parameter
double damage = max(dp.m_FEtrial, dp.m_FEmax);
double gp = 0.0;
if (damage < m_Fsmin) gp = 0.0;
else if (damage > m_Fsmax) gp = 0.0;
else
{
double F = (damage - m_Fsmax)/(m_Fsmin - m_Fsmax);
gp = ((1.00 - m_Falpha)*(2.00)*(m_Fbeta)*(1.00-pow(F,m_Fbeta))*pow(F,(m_Fbeta1)))/(m_Fsmin - m_Fsmax);
}
return gp;
}
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APPENDIX C.
LIGAMENT STRESS, CONTACT FORCES AND PEDICLE
STRESSES FOR PATTERNS OF DISC DEGENERATION

Figure C-1: Case I
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Figure C-2: Case II
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Figure C-3: Case III
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Figure C-4: Case IV
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Figure C-5: Case V
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Figure C-6: Case VI

118

Figure C-7: Case VII
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Figure C-8: Case VIII
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Figure C-9: Case IX
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Figure C-10: Case X
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Figure C-11: Case XI
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Figure C-12: Case XII
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Figure C-13: Case XIII
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